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CHAPTER 1. INTRODUCTION 
The coronary circulation is the set of vascular conduits which supplies blood to the heart 
tissue. Since the heart never rests while it is pumping blood to the various peripheral vascular 
beds, an adequate blood supply to the coronaiy circulation is vital to replenish the heart tissue 
with oxygen and other nutrients. The heart is a muscle that compresses its blood vessels when 
it contracts, similar to skeletal muscles. The internal pressure of the left ventricle is slightly 
higher than the aortic pressure, which is the perfusion pressure for the left coronary 
circulation. The intramyocardial pressure in the left side of the heart is assumed to vary ft'om 
approximately left ventricular pressure at the endocardial surface to approximately 
atmospheric pressure at the epicardial surface Therefore, the compression of the 
intramyocardial vessels is most severe in the subendocardial region, and the extravascular 
compressive pressure vanishes near the subepicardial regions. The combined effect is an 
overall impedance of blood flow to the heart tissue during systole, and the main component of 
blood flow occurs during diastole. This introduces an interesting problem for modeling 
coronary blood flow. 
An understanding of the pressure-flow relationships of the coronary circulation has 
obvious clinical significance. Coronary heart disease causes almost 500,000 deaths every year 
and is the leading cause of death in Americans today (Zaret el al., 1992). Several factors can 
cause coronary heart disease. The most notable cause is arteriosclerotic disease which occurs 
when fatty deposits form on the inside of one or more coronary arteries. The narrowing of a 
coronary artery restricts the amount of blood which can be supplied to the heart muscle. If 
the blockage of the artery significantly reduces the supply of blood, a heart attack or angina 
can occur. The most conmion heart operation to alleviate the symptoms of coronary heart 
disease is coronary bypass surgery. In 1988 alone, 320,000 bypass operations took place in 
the United States (Zaret etal., 1992). In fact, coronary bypass surgery has become one of the 
most frequently performed surgical procedures. Thus, an understanding of the fluid dynamics 
of a coronary stenosis with a bypass would also be beneficial. 
Experimental measurements in the coronary circulation are difficult due to the size and 
inaccessibility of the epicardial and intramyocardial vessels. Thus, a computer model could 
help to understand the pressure-flow relationships of the coronary circulation and possibly 
serve as a diagnostic tool. 
This paper describes a computer model which was developed for the left epicardial 
coronary circulation. Although this study focuses mainly on the coronary circulation, the 
complete model described in this paper consists of the systemic circulation as well as the 
coronary circulation. The specific objectives of this research were: 
1. to incorporate a more realistic pressure-area relationship for the arterial wall into an 
existing model for the systemic arterial circulation which will be subsequently used 
for the epicardial coronary circulation, 
2. to develop two models for the intramyocardial circulation which adequately simulate 
the pressure-flow relationships for the coronary circulation, and 
3 
3. to simulate the effects of several clinically relevant cases, most notably a coronary 
artery bypass. 
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CHAPTER 2. LIFERATURE REVIEW 
Since the left epicardial coronary circulation is embedded on the surface of the epicardium, 
it experiences negligible extravascular compressive pressure from the underlying contracting 
myocardium. Only the intramyocardial vessels are subject to collapse. Thus, governing flow 
equations used to model the systemic arterial circulation could also be used for the epicardial 
coronary circulation. A brief review of models for systemic arterial blood flow is presented 
along with a review of models for the epicardial and intramyocardial circulations. 
Models for Arterial Blood Flow 
Several basic models for arterial blood flow have been developed dating back to the times 
of L. Euler and D. Bernoulli. An extensive review of these models is not presented here. 
Instead, only the models considered most significant and pertinent to this research are 
discussed. The techniques developed for studying arterial blood flow are divided into two 
sections: lumped parameter models and distributed parameter (Navier-Stokes) models. 
Lumped parameter models 
Lumped parameter models have been used extensively for modeling blood flow. They 
have the advantage of being relatively uncomplicated. However, this simplicity usually limits 
the ability of the model to accurately simulate the complex nature of blood flow. 
One of the simplest models developed for the arterial circulation was the so-called 
windkessel analogy first conceived by Stephen Hales in 1733. This analogy compared blood 
flow in the heart and arteries to the apparatus of an old-fashioned fire engine, where the 
5 
repeated strokes of the water pump were damped into an almost continuous stream by an ur 
compression chamber (Milnor, 1982). This behavior is similar to arterial blood flow where 
the oscillatory flow in the aorta is transformed into steady flow in the peripheral arteries. This 
concept was subsequently put into mathematical form by Frank in 1899. The windkessel 
model can be represented as a resistance in series with a capacitance (compliance). The 
windkessel model assumes pressure fluctuations travel at an infinite wave speed, and it does 
not allow for wave reflection. The windkessel model was originally proposed to estimate the 
stroke volume. However, it has subsequently been used with limited success to model 
portions of the arterial circulation. 
Several modifications have been made to the windkessel model to correct for some of the 
inadequacies (Cope, 1963; Goldwyn and Watt, 1967; Roston, 1962). The most notable was 
the modified windkessel model which contains two resistances in parallel with a capacitance. 
A schematic diagram of the electrical analogue of the modified windkessel is shown in Figure 
2.1. Although this modification improved on the basic windkessel model, the modified 
windkessel was still not capable of completely resolving the general case of blood flow. 
However, the modified windkessel does offer an advantageous way of representing the 
distal vascular beds (Raines et al., 1974; Stergiopulos, 1990). The arterial network used in 
this study represents all of the major branches of the systemic and right epicardial circulations. 
However, the distal branches were most conveniently terminated at specified points in the 
arterial network. Therefore, a distal boundary condition must be specified at these terminal 
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Fig. 2.1: Modified windkessel model used for systemic terminal impedance. 
points to account for the cumulative effects of the distal vascular beds. The modified 
windkessel was used in this study for the systemic circulation to accomplish this task. 
Other lumped parameter models represent a single vascular segment. These individual 
segments can then be combined into one branching arterial network. Thus, the changing 
properties of the system as the vessels extend toward the periphery can be accounted for in 
each segment of the entire network. Lumped parameter models are frequently represented as 
electrical analogues, where pressure, flow, vascular resistance, compliance and inertia are 
expressed as voltage, current, electrical resistance, capacitance and inductance, respectively. 
Fry and his colleagues (1956; Fry, 1959) were the first to use the similarities of electrical 
transmission line theory and the vascular system to model blood flow. By assuming a rigid 
tube, negligible rotational or radial flows and a blunt velocity profile, the instantaneous blood 
flow was computed from a continuous measurement of pressure. This concept was extended 
by Noordergraaf (1969) and his colleagues (Noordergraaf et ai, 1963) using a simplified form 
of the Navier-Stokes equations which bear resemblance to the equations of electrical 
transmission line theory as shown below 
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where p is the intraluminal pressure and Q is the volumetric flowrate. The above equation 
was obtained by neglecting the longitudinal and convective acceleration terms, taking the 
viscous terms as being equivalent to one hydraulic resistance, Rh and assuming axial flow is 
unaifected by radial oscillations. A similar equation is obtained for the continuity equation; 
-^ = Gp+C^ (2.2) 
dt  ^ a 
A theoretical inductance, Z, = —, and a Poiseuille resistance, R = , was used to 
O O 
evaluate the inertia and the hydraulic resistance terms, respectively, where p is the density of 
the fluid, Ao is the "normal" cross-sectional area of the vessel and |i is the kinematic viscosity 
of the fluid. The G term is a proportionality constant, and the G/? = y/'term represents 
seepage through the vessel wall which is commonly used to model the effect of small 
branches. This electrical transmission line analogy has been used by several researchers to 
model the systemic arterial system (Snyder et al., 1968; Westerhof et al., 1969). 
Before the advent of the digital computer, these lumped parameter models offered an 
effective means to simulate arterial blood flow. Electrical analogues were particularly popular 
since the arterial system could be simulated using actual circuit elements or the corresponding 
equations could be solved using an analogue computer. 
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Distributed parameter (Navier-Stokes) models 
The general equations which govern fluid flow of incompressible, Newtonian fluids are the 
continuity equation and the Navier-Stokes equations. The continuity equation represents the 
conservation of mass principle, and the Navier-Stokes equations, which were first developed 
by Navier in 1822 and by Stokes in 184S, represent the conservation of momentum principle 
based on Newton's second law. Since the full Navier-Stokes equations are very complex due 
to nonlinearities and no general closed-form solution is known to exist, several assumptions 
are usually made to reduce the equations into a simplified form. For the incompressible flow 
of a Newtonian fluid with a constant kinematic viscosity, the continuity and Navier-Stokes 
equations can be written in vector form as: 
One of the most important developments in the solution for pulsatile blood flow was 
accomplished by Womersley and presented in a series of papers published between 19SS and 
1958. Womersley obtained an analytical solution for oscillatory flow in a straight, rigid tube 
using a linearized form (convective acceleration term neglected) of the Navier-Stokes 
equation (1955a). This analysis was later extended for an elastic vessel wall (Womersley, 
1955b). In addition to assuming incompressible, axisymmetric, laminar flow of a Newtonian 
fluid in a thin-walled tube, Womersley assumed the pressure and velocity components could 
be represented in terms of Fourier coefficients. Thus, Womersley's solution is only strictly 
V.F = 0 (2.3) 
(2.4) 
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valid for the case of periodic flow, and with a linear system, the principle of superposition can 
be used to solve the linearized equations for each harmonic making up the waveform. Then, 
the individual solutions to each harmonic can be added together to obtain the complete 
solution. The well-known Womersley solution for the axial velocity, u(r,t\ with a specified 
simple harmonic pressure gradient (Ap(0 is given by: 
where r is the radial coordinate, R is the internal radius of the vessel, ca is the basic circular 
frequency of the pulse, JO is a Bessel function of the first kind of order zero and a = R is 
the dimensionless frequency, also known as the Womersley parameter or the alpha parameter. 
Although several limiting assumptions are used to obtain the Womersley solution, several 
investigators have obtained satisfactory results for both in vitro and in vivo studies that 
compare reasonably well with experimental measurements (Linford and Ryan, 1965; 
Grreenfleld and Fry, 1965; Kunz and Coulter, 1967). However, the Womersley equation 
cannot be rigorously applied to blood flow in arteries and errors exceeding 10% were often 
A^tnessed which is large enough to conceal important physiological characteristics. An 
extensive review of Womersley's solutions and their application to blood flow is found in 
McDonald (1974). 
The development of the high-speed digital computer has allowed researchers to simulate 
arterial blood flow using more complex (nonlinear) models then previously presented. Now, 
(2.5) 
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solutions can be obtained for specific cases of blood flow using the full Navier-Stokes 
equations by implementing a numerical method. However, for tJie general case of arterial 
blood flow, several assumptions are still required to simplify the full Navier-Stokes equations 
into a form that can be readily solved. In addition, several limitations exist due to the 
incomplete understanding of the physical properties of blood and the arterial wall during 
various physiological conditions. 
A common procedure used to obtain a set of governing equations which relate the primary 
variable of interest, pressure and flow, is the integral momentum approach. The one-
dimensional continuity and axial momentum equations can be integrated over the cross-section 
of the artery to obtain the following governing flow equations (Fox and Saibel, 1965): 
where TH, represents the shear stress acting on the internal wall of the vessel. This form of the 
governing flow equations has been used extensively by several researchers (Streeter et al., 
1963; Olsen and Shapiro, 1967; Anliker et al., 1971; Wemple and Mockros, 1972; Raines et 
al., 1974; Rumberger and Nerem, 1977; Rooz, 1980; Young et al., 1980; Porenta et al., 
1986; Weerappuli, 1987; Balare/a/., 1989; Stergiopulos, 1990). 
Since the instantaneous cross-sectional area of the arterial vessel. A, appears in the 
continuity equation, an additional equation is required which describes the distensible behavior 
of the arterial wall. Since the vessels are allowed to taper, the cross-sectional area is assumed 
0 (2.6) 
(2.7) 
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to be a function of the distance along the arteiy and the distending pressure. Several different 
models have been developed to describe a constitutive relation for the arterial wall. 
In general, blood vessels do not obey Hooke's law (Milnor, 1982). Thus, the 
corresponding relationships between the cross-sectional area and the distending pressure are 
nonlinear. In fact, this behavior has been witnessed experimentally using both human and 
canine arteries (Bergel, 1961; Mozersky et al., 1972; Anliker et al., 1978). 
By assuming that the arterial area compliance is inversely proportional to pressure 
compliance to obtain the following logarithmic pressure-area relationship for the arterial wall; 
The P term is an experimentally determined parameter and pref i^ the reference pressure at 
which the cross-sectional area of the vessel is equal to Anf. This empirical relationship is not 
based on any theoretical considerations, but it was conceived based on experimentally 
observed phenomena. 
Streeter et al. (1963) devised a theoretically based pressure-area relationship of the form; 
where AREF, £>re/and hrefOVQ the cross-sectional area, the diameter of the vessel and the wall 
thickness at the reference pressure, PREF, respectively, and E is the modulus of elasticity. 
SA. (C = — = —), Raines et al. (1974) integrated the resuhing expression for the arterial 
4? p 
(2.8) 
(2.9) 
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Rooz (1980) introduced a quadratic form for the constitutive equation for the arterial wall 
expressed as; 
where C; and C„I are the coefficients of linear and non-linear compliance, respectively. This 
relationship has been used successfully by several investigators (Rooz et al., 1982; Porenta, 
1982;Porentaerfl/., 1986; Weerappuli, 1987; Balar efa/., 1989; Stergiopulos, 1990). 
However, the above quadratic equation yields the following linear pressure-compliance 
relationship: 
This result contradicts several experimental findings which show the pressure-compliance 
relationship to also be nonlinear (Bergel, 1961; Langewouters et al., 1984; Wang et al, 1986; 
Meister e/a/., 1992). 
Langewouters et al. (1984) developed a pressure-area relationship for arterial segments 
based on the tube law as follows: 
In this case, Ama is the maximal area, po is the max-G pressure (pressure at which arterial 
compliance is maximal) and p\ is the half-width pressure (at po ± pi arterial compliance is 
equal to Cm«/2). This model was shown to be valid for static measurements on thoracic and 
abdominal aortic segments from human subjects ranging in age fi'om 30 to 88 years. This same 
(2.10) 
(2.11) 
(2.12) 
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relationship has been shown to apply to other peripheral arteries, such as the radial and 
brachial arteries (Meister et al., 1992). In addition, it has been used previously as a general 
equation for simulating the systemic circulation (Stergiopulos et al., 1994) using a modified 
windkessel. Thus, it was assumed that the above area compliance-pressure relationship could 
be used for all of the arterial segments of the present model. 
In addition to assuming a constitutive relation for the arterial wall, the wall shear stress, 
Xw, which is unknown, must be evaluated to close the system of governing equations. Since 
the wall shear stress is a function of the velocity gradient at the wall, a knowledge of the 
velocity profile near the wall is required. However, the velocity gradient near the wall is not 
generally known. Thus, several models have been developed to estimate the wall shear stress 
throughout the cardiac cycle. 
A simple approximation for the wall shear stress can be obtained by using Poiseuille's law 
for fiilly-developed, steady flow in a rigid tube which gives: 
This expression for the wall shear stress assumes that the velocity profile is parabolic 
throughout the cardiac cycle. However, experimental measurements show the velocity profile 
of blood is constantly changing during a single beat. In addition, the instantaneous shape of 
the velocity profile is dependent on the location in the arterial system due to the entrance 
effects produced at the root of the aorta. Ling et al. (1973) showed that the velocity profiles 
in the descending thoracic aorta were relatively flat except for a thin region near the wall 
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where large velocity gradients were observed. Thus, it was believed that the flow in the 
thoracic aorta was fully developed. Other peripheral velocity profiles are assumed to have the 
same general shape; a blunt velocity profile with steep gradients near the wall (McDonald, 
1974). 
In addition, the Poiseuille wall shear stress is only valid for steady flow. Oscillatory flow 
has been shown to create steeper velocities gradients at the wall. McDonald (1974) estimated 
the flow resistance to increase by approximately 50% for the case of unsteady flow compared 
to steady flow. 
More elaborate models have been developed to incorporate the unsteady effects into the 
wall shear stress approximation. Using a theoretical solution for unsteady flow in an infinite, 
rigid cylindrical tube, Schaaf and Abbrecht (1972) derived the following equation for the wall 
shear stress: 
D A a 
where U= QIA is the instantaneous cross-sectional average velocity and X, is the momentum 
flux coefficient defined as: 
1 f u' (2.15) 
The momentum flux coefficient is dependent on the velocity profile and ranges in value 
from 1.0 for a completely flat velocity profile to 4/3 for a parabolic velocity profile. Schaaf 
and Abbrecht used a value of 4/3. However, changing the value of X, to 1.0 did not 
significantly affect their results. 
15 
Another approximation for the wall shear stress was obtained by Young and Tsai (1973) 
using Womersley's solution for oscillatory flow in a straight rigid tube; 
P = — 
iTdi 
(2.16) 
The Cv and Cu parameters, which are functions of the Womersley parameter, are semi-empirical 
coefficients for the resistive and unsteady terms. Thus, this expression for the wall shear 
stress is only strictly valid for purely harmonic flow. 
Models for Coronary Blood Flow 
Cardiac contraction impedes coronary arterial inflow during systole. In fact, for low 
perfusion pressures, a short period of retrograde flow may occur (Gregg, 1950). Thus, the 
main component of arterial inflow is during diastole when the heart is relaxing (Downey and 
Kirk, 1975; Spaan et al., 1981; Feigl, 1983; Arts and Reneman, 1985). In addition, cardiac 
contraction appears to have a positive effect on coronary venous outflow. Canty and Brooks 
(1990) observed a larger coronary venous outflow during systole than during diastole in the 
cardiac vein of a conscious dog. 
In general, the cardiac contraction is believed to create an intramyocardial pressure which 
causes a partial collapse of the intramyocardial vessels. The intramyocardial pressure is the 
interstitial hydrostatic pressure surrounding the intramyocardial vessels. Thus, the cardiac 
contraction produces an external compressive pressure which decreases the transmural 
pressure (intraluminal pressure minus intramyocardial pressure) of the intramyocardial vessels. 
The decrease in transmural pressure causes a corresponding decrease in the cross-sectional 
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area of the vessel (partial collapse). According to Poiseuille's law for steady flow, the 
vascular resistance would increase with a decrease in cross-sectional area. In addition, since 
the surrounding myocardium becomes "stiffer" during contraction, the intramyocardial vessels 
are assumed to experience a decrease in arterial compliance. 
Therefore, several models have been developed to help explain the pressure-flow 
relationships observed in the coronary circulation. Most of the models devised are based on 
two explanations; the vascular waterfall concept and the intramyocardial pump concept. A 
review of several models in these two categories is presented. In addition, a discussion of the 
extravascular compressive pressure and its relation to the activities of the heart is presented. 
Waterfall models 
The waterfall concept was first introduced by Permutt and Riley (1963) for the pulmonary 
circulation. Downey and Kirk (1975) extended this idea and used a vascular waterfall model 
for the coronary circulation. The model is most conveniently described in terms of an 
electrical analogue. The model consists of a resistance in series with a diode and a "back 
pressure" equal to the intramyocardial pressure. In this model, the intramyocardial pressure is 
assumed to be directly proportional to the left ventricular pressure (pm = kpiy). The model 
assumes a collapse of the intramyocardial vessels occurs whenever the external 
(intramyocardial) pressure exceeds the pressure inside the vessel. For this condition, the 
drivdng pressure for flow is no longer the difference between inflow pressure and outflow 
pressure but the difference between inflow pressure and the external pressure. During 
collapse, flow through the tube is independent of the distal pressure, hence the analogy to a 
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waterfall since the flow over a waterfall is independent of the water level distal to the 
waterfall. 
This model accurately predicts flow impediment during systole since the intramyocardial 
pressure (back pressure) is large during this period. The diode is necessary to prevent 
unrealistic continuous periods of retrograde flow during periods of sustdned contraction with 
low perfusion pressures. However, the diode is limiting since it prohibits back flow entirely. 
As mentioned previously, brief periods of back flow have been observed in the coronary 
circulation (Gregg, 1950). In addition, the model is unable to predict increased venous 
outflow during systole. 
A more sophisticated model based on the vascular waterfall concept was developed by 
Burattini et al. (1985). The original waterfall model assumes a catastrophic collapse of the 
intramyocardial vessels when the intramyocardial pressure exceeds the intraluminal pressure. 
However, speculation exists whether a complete and instantaneous collapse of the vessels 
occurs (Spaan et al., 1985). Thus, Burattini et al. replaced the diode in the original waterfall 
model with a Starling resistor, Rs, which acts to maintain the intramyocardial (back) pressure. 
As the intramyocardial pressure increases above the perfusion pressure, the intramyocardial 
vessels gradually collapse. In addition, an intramyocardial compliance, Cr, was included in the 
model. The vascular resistance of the intramyocardial circulation was lumped into a single 
resistance, RT. A schematic diagram of the electrical analogue for this waterfall model is 
shown in Figure 2.2. 
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ECP 
Fig. 2.2: Waterfall model used for coronary terminal impedance. 
Based on previous studies (Westerhof et al., 1983) and experimental measurements, 
Burattini et al. took the intramyocardial pressure to be equal to the left ventricular pressure. 
With the above modifications, this model was able to adequately reproduce coronary flow 
including the prediction of retrograde flow during early systole. This vascular waterfall was 
subsequently used for the terminal impedance of the coronary circulation. 
Intramyocardial pump models 
The intramyocardial pump model, conceived by Arts (1978) and Spaan et al. (1981), 
assumes that the volume variations in the coronary circulation contribute transiently in a direct 
way to flow and also account for changes in resistance because of changes in vessel diameters. 
The model realizes that a finite time is required to squeeze blood out of the intramyocardial 
capacitance vessels during systole and refill during diastole. This model can be represented by 
two resistances in parallel with an intramyocardial compliance and a pressure source 
proportional to the intramyocardial pressure. The electrical analogue of this model is similar 
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to the modified windkessel model (see Figure 2.1) except for the pressure (voltage) source in 
series with the compliance (capacitance). 
This intramyocardial pump model accurately predicts systolic impediment and retrograde 
flow during periods of low perfusion pressure. Unlike the original waterfall model, this model 
is capable of predicting venous outflow during systole. Since the intramyocardial pressure 
acts via the vessel compliance, the model predicts coronary flow to be the same during 
sustained diastole (heart arrested in diastole) and sustained systole (heart arrested in systole) 
(Westerhof and Sipkema, 1993). However, experimental evidence shows a marked difference 
between flow in epicardial layers to flow in endocardial layers for sustained systole as 
compared to sustained diastole (Goto et ai, 1990). 
Bruinsma et al. (1988) subsequently modified the original intramyocardial pump model to 
include a pressure dependent coronary resistance and compliance. The coronary resistance 
and compliance were allowed to change throughout the cardiac cycle based on an assumed 
pressure-volume relationship for the coronary vasculature. In addition, Bruinsma et al. 
modeled the intramyocardial circulation using three compartments (instead of two) in series, 
corresponding to the arteriolar, capillary and venular vasculature. Each compartment 
represented the effective resistance of the corresponding coronary vessels. This modification 
was made based on findings that two distinct intramyocardial compliances, one proximal and 
one distal to the microvasculature resistance, were present in the intramyocardial circulation 
(Spaan e/ar/., 1981). 
20 
Using this three compartment concept. Manor et al. (1994a) developed a model which 
included both the epicardial and intramyocardial circulations. A schematic diagram of this 
three compartment model is shown in Figure 2.3. The first resistive compartment, Ri, was 
taken to account for small arteries and arterioles greater than 180 ^m in diameter; the second 
resistive compartment, R2, was taken to account for arterioles less than 180 ^m in diameter, 
capillaries and venules less than ISO in diameter; and the third resistive compartment, R3, 
was taken to account for venules and veins larger than ISO |am in diameter. 
RA 
ECP ECP 
Fig. 2.3: Intramyocardial pump model used for coronary terminal impedance. 
The resistances and compliances are dependent on the blood volume cont^ned in each 
compartment at any given moment in the cardiac cycle. For a given intramyocardial vessel 
with longitudinal constraint, the vascular resistance and compliance are a function of the 
cross-sectional area of the vessel which is dependent on the transmural pressure. A 
representative transmural pressure-area poljrnomial relationship was constructed for a single 
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intramyocardial vessel based on published data for a SO diameter arteriole (Spaan, 1985). 
An additional transmural pressure-area relationship was used for the venular compartment 
during negative transmural pressures to allow for collapse. Based on this single vessel 
analysis, the intramyocardial resistances were taken to be inversely proportional to cross-
sectional area squared, and the intramyocardial compliances were taken to be proportional to 
the derivative of the cross-sectional area with respect to the transmural pressure (vessel 
compliance). 
This model predicted realistic epicardial flow patterns which compared well to their 
experimentally determined recordings. In addition, the model is capable of simulating flows in 
each of the three vascular compartments which compare well to previous experimental 
findings. A predominant diastolic flow was observed for the arterial compartment; a relatively 
constant flow was observed for the microvasculature compartment; and a predominant 
systolic flow was observed for the venular compartment. This intramyocardial pump model 
was used in the present model to represent the terminal impedance of the coronary circulation. 
Extravascular compressive pressure 
Since the intramyocardial pressure is assumed to vary from approximately left ventricular 
pressure (^ = 1) at the endocardial surface to approximately zero at the epicardial surface (k = 
0), the transmural pressure changes along the thickness of the left ventricular wall. Thus, flow 
patterns may be different for different myocardial layers. Several investigators have used 
multi-layered models and varied the proportion of left ventricular pressure acting on the 
intramyocardial vessels to account for the varying intramyocardial pressure along the 
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thickness of the ventricle. In the present study, an "average" myocardial layer was used to 
account for the cumulative effects of the varying intramyocardial pressure in the myocardium. 
Following Manor et al. (1994a), a distinction is made between the terms intramyocardial 
pressure and extravascular compressive pressure. The intramyocardial pressure is taken as the 
hydrostatic pressure in the interstitial fluid external to the intramyocardial vessels. The 
extravascular compressive pressure may also include additional pressure caused by a complex 
interaction between the myocardial muscle fiber and the vessel (Kirk and Honig, 1964) . In 
fact, several investigators have found the tissue pressure surrounding the intramyocardial 
vessels to be larger than ventricular pressure (Westerhof, 1990). 
Krams et al. (1989a, 1989b, 1989c) observed a poor relationship between intramyocardial 
pressure and ventricular pressure during isobaric beats of an isolated heart. Thus, Krams et 
al. introduced a time-varying elastance model, similar to the one introduced by Suga et al. 
(1973), to account for these findings. The model predicts arterial inflow impediment and an 
increase in venous outflow during systole. However, the model does not explain conceptually 
why there would be a difference between the effect of contraction on the endocardial and 
epicardial layers. 
In the present study, no such distinctions were made between intramyocardial pressure and 
extravascular compressive pressure, and the intramyocardial pressure was assumed to be 
directly proportional to the left ventricular pressure. 
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CHAPTERS. MATHEMATICAL FORMULATION 
The basic form of the Navier-Stokes equations, along with the continuity equation, is 
considered to govern all types of Newtonian fluid flow. However, numerical solutions for the 
full Navier-Stokes equations are difficult for many flow situations. Thus, in order to reduce 
the flow equations into a form which can be more readily solved, several assumptions about 
the flow and the properties of blood and the arterial wall must be made. The following 
assumptions were used in the formulation of the governing equations; 
• an artery is described as a straight, slightly tapered tube with a circular cross-section, 
• arterial walls are thin, incompressible, elastic and their material properties are 
approximately homogeneous over a short segment, 
• the vessel is totally constrained in the longitudinal direction, 
• blood is treated as incompressible, homogeneous, isotropic and Newtonian, 
• the flow is laminar and axisymmetric, and there are no secondary flows, 
• the radial variation of the longitudinal velocity is much greater than its longitudinal 
variation, and 
• the pressure does not vary along the radius. 
The above assumptions are not valid in a strict sense for all arterial flow situations. 
However, several investigators have used the same assumptions in similar studies to obtain a 
set of governing equations and obtained satisfactory results. The validity of the above 
assumptions is reviewed in further detail by Weerappuli (1987). 
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Governing Equations 
The flow equations are obtained by integrating the one-dimensional continuity and 
momentum equations over the cross-section of the artery. This formulation gives a 
relationship between the primary variables of interest, the pressure and flowrate as follows: 
Since minimal seepage, % was assumed to occur for the arteries modeled in this study, the 
term was dropped from the final form of the continuity equation. In addition, the body force 
term, A bx, was dropped from the final form of the momentum equation since gravitational 
loading was not investigated in this study. 
The momentum flux coefficient, X, was taken to be equal 1.0. Experimental evidence 
suggests that in some large arteries the velocity profile is essentially flat except for thin regions 
near the arterial wall. Thus, a value of X = 1.0 serves as a rough approximation to the actual 
velocity profile, which is unloiown. 
The shear stress at the wall is approximated using results based on harmonic flow (Young 
and Tsai, 1973): 
and both viscous and unsteady effects are taken into account. The semi-empirical coefGcients, 
Cv and Cu, of the viscous and unsteady terms, respectively, are functions of the Womersley 
0 (3.1) 
(3.3) 
25 
parameter, a. The values of Cv and Cu are constant for a large range of a values. In addition, 
studies have shown that slight variations in the coefficients have a minimal effect on the 
simulated waveforms (Stergiopulos, 1990). For this study, it was assumed that Cv = 1.0 and c„ 
The above system of equations is closed with a constitutive equation relating the cross-
sectional area to the distending pressure. The present study uses an arctangent model 
developed by Langewouters et al. (1984) to describe the pressure-area relationship for the 
arterial wall. As previously discussed, this model is 
The area compliance-pressure relationship can be determined by taking the derivative of the 
area-pressure relationship with respect to the distending pressure so that 
Since this relationship was based on static measurements, the above constitutive equation does 
not account for wall inertia (usually assumed to be small), neural control or viscoelasticity. 
Although the instantaneous cross-sectional area can be successively removed from the 
continuity equation, it still appears in the momentum equation. Thus, in order to obtain a 
closed form to the governing equations, the instantaneous cross-sectional area. A, was 
replaced with a reference value for the cross-sectional area, Ao. The expression for the wall 
shear stress and the area compliance-pressure relationship can be substituted into the 
= 4/3. 
(3.4) 
with (3.5) 
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momentum equation and continuity equation, respectively, to ^ve the final form of the 
governing equations: 
To obtain a unique solution to the above system of equations, a set of initial and boundary 
conditions must be prescribed. The system of equations is quasihyperbolic and requires initial 
and boundary conditions corresponding to ttus classification. Thus, approximate initial 
conditions and a proximal and distal boundary condition was specified at the ends of each 
segment. 
Initial conditions 
A set of initial conditions was required for each node in the system. These preliminary 
values for the flow and pressure act as an initial data surface fi'om which the solution can 
propagate. Initial flow values were assigned corresponding to the distribution of flow to each 
arterial segment. Initial pressure values were assigned corresponding to the mean pressure in 
each arterial segment. Precise initial conditions could not be imposed except at the proximal 
(root of aorta) and distal boundaries (terminal branch). Any discrepancies between the 
prescribed initial conditions and the required initial conditions were dampened out due to 
viscous effects, and the solution converged after three cycles for the case of periodic flow. 
a: a 
(3.6) 
Initial and Boundary Conditions 
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Proximal boundaiy condition 
At the root of the aorta, a flow pulse was prescribed as a proximal boundary condition. 
The arterial model described in this paper is an open system. Thus, the proximal flow 
condition acts as an input to the arterial circulation. For the case of harmonic flow used in 
this study, the proximal waveform was specified through its Fourier coefficients. This was a 
convenient way to reproduce the flow pulse. However, any flow waveform could be used for 
the proximal condition. 
Bifurcation and bypass connection conditions 
At bifijrcation points throughout the system and at bypass connection sites, continuity of 
flow and pressure was preserved. An illustration of a branching site is shown in Figure 3.1. 
For the case of a bifiircation where blood is flowing from segment i into segments j and k, the 
follovnng conditions were imposed; 
(3.8) 
Pi = Pi = Pk (3.9) 
For the case of a bypass re-connection where blood is flowing from segments i and j into 
segment k, £q. 3.9 and the following flow condition were imposed: 
Q,+Qj = Qt (3.10) 
Distal boundary conditions 
The distal point of each terminal branch is modeled using a lumped parameter impedance 
to account for all the cumulative effects of the distal vasculature. A different model is 
required for the systemic and coronary terminal impedances. 
28 
• j-2 
• j-1 
• j 
i-2 i-1 k k+1 k+2 
Fig. 3.1: Illustration of segmental branching (bifijrcation) or convergence (bypass 
reconnection). 
Systemic terminal impedance The systemic terminal impedance must represent both 
medium-sized arteries occurring after the termination site and the microvasculature in the 
distal beds. This is done using a simple modified windkessel model which includes two 
resistances in parallel with a capacitance. An illustration of a modified windkessel is shown in 
Figure 2.1. The first resistance, RI, represents the medium-sized arteries, and the second 
resistance, R2, represents the distal microvasculature. The capacitance, Cr, represents the 
cumulative compliance of the distal beds. The resistance and capacitance values are assumed 
to remain constant throughout the cardiac cycle. The corresponding mathematical 
relationship between the input flow and pressure is obtsuned using electrical circuit theory with 
the pressure being analogous to voltage and flow being analogous to current. 
(D \ Sb n R. O (3.11) 
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Coronal^ tenninal impedance For the case of the coronary terminal branches, the 
distal vasculature represents the intramyocardial vessels. Thus, the coronary terminal 
impedances require more sophisticated modeling techniques than the systemic tenninal 
impedances to properly simulate the effects of the contracting myocardium on the 
intramyocardial vessels. Two different models were used for comparison. The first model 
was based on the vascular waterfall concept. The second model was based on the 
intramyocardial pump concept. 
Waterfall model The vascular waterfall model used in this study was developed by 
Burattini et al. (1985) and previously discussed. The model is based on collapsible tube 
dynamics. A collapse occurs whenever external pressure (extravascular compressive 
pressure) exceeds pressure inside the tube (intramyocardial blood vessel). This waterfall 
model is slightly more sophisticated than the original vascular waterfall concept proposed by 
Downey and Kirk (1975) since it accounts for intramyocardial compliance. However, the 
intramyocardial compliance is assumed to remain constant throughout the heart cycle. The 
terminal resistance, RT, represents the total resistance of the intramyocardial vessels for a 
given segment. The resistance, R,, acts as a Starling resistor which acts to maintain the 
extravascular compressive pressure, ECP, which was taken to be equal to left ventricular 
pressure, piv- A schematic diagram of the waterfall model is shown in Figure 2.2. The 
corresponding relationship between pressure and flow at the terminal point when p > piv and 
Rs maintains the voUage at the level piv is 
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Q(t) = E^tLEj£ML (3.12) 
RT 
When p < piv, the Starling resistor assumes a value of infinity (collapsed state), and the 
relationship between pressure and flow is 
3Q_ Q{t) , 1 
dt Rj-Cj. Rj. 
Intramyocardial pump model The intramyocardial pump model was based on a 
model developed by Manor et al. (1994a) and previously discussed. Each impedance contains 
a three compartment model consisting of three resistances in parallel with two capacitances. 
A schematic of the lumped parameter terminal impedance is shown in Figure 2.3. The first 
resistive compartment accounts for small arteries and large arterioles; the second resistive 
compartment accounts for the microvessels; and the third resistive compartment accounts for 
large venules and veins. The intramyocardial flow through the terminal compartments is 
affected by the squeezing force of the contracting myocardium which can be represented as 
changes in the terminal impedance values. Thus, the dynamic terminal resistances and 
capacitances are modified throughout the cardiac cycle based on a representative transmural 
pressure-area relationship for a single intramyocardial vessel. The transmural pressure is the 
difference between the perfiision pressure and the extravascular compressive pressure (taken 
to be 50% of the left ventricular pressure), ptr=p-0.5 piv. Since studies show that the 
stress-diameter relationships are similar for different vessel sizes (Gore, 1974), the polynomial 
relationship for the transmural pressure-area relationship used by Manor et al. (1994a) was 
abandoned for the arctangent model developed by Langewouters et al. (1984). Thus, 
^ ^LV 
a a 
(3.13) 
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^(Pir)=A«. ^+-tan-' (3.14) 
Sipkema and Westerhof (1989) found the same relationship to be valid for thin walled 
collapsible microtubes. The terminal resistances were taken to be inversely proportional the 
square of the area of the representative vessel, and the terminal capacitances were taken to be 
directly proportional to the derivative of the vessel area with respect to the transmural 
pressure (area compliance) so that 
The right atrial pressure was taken to be approximately zero for this study. The terminal 
resistances and compliances are assumed to remain constant for a given time step. Therefore, 
their derivatives do not appear in the corresponding relationship between the pressure and 
flow: 
(3.15) 
and 
fiPtr (3.16) 
y ct 
(3.17) 
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Stenosis Model 
To investigate the effects of stenoses on blood flow, an empirical relationship was used 
which relates the pressure drop across the stenosis to the instantaneous flowrate through the 
stenosis. A commonly used model is 
^0 = ^2(0^^ A._I 
A. 
12(1)18(0+^^^^ (3.18) 
This stenosis model which was developed by Young and Tsai (1973) has been shown to 
adequately reproduce the nonlinear behavior of rigid arterial stenoses. Since this is a rigid 
stenosis model, the continuity equation through the stenosis reduces to — = 0. Thus, the 
instantaneous flowrate through the stenosis is constant. The three experimentally determined 
. . .  _  .  ^  0 . 8 3 Z .  -  1 . 6 4 D ,  f  ,  r  c  
empirical coefficients, Ku = 1.2, = 32 ^~ account for 
unsteady, viscous and turbulent effects, respectively. The A and L, terms represent the 
diameter and length of the stenosis, respectively. The Do and Lo terms represent the original 
diameter and length, respectively, of the stenotic artery. 
Determination of Left Ventricular Pressure 
In this study, the left ventricular pressure (LVP) was assumed to be directly related to the 
extravascular compressive pressure acting on the intramyocardial vessels. Therefore, the LVP 
was required as input to the computer model. A simultaneous recording of the flow at the 
root of the aorta (proximal boundary condition) and the LVP for a human subject was not 
available. Therefore, the LVP was estimated using a model based on the time-varying 
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elastance concept of chamber contraction introduced by Beneken and De Wit (1967) and later 
verified by Suga and Sagawa (1974) which relates the instantaneous ventricular pressure to 
the instantaneous volume, VLV. The basic form of this relationship is 
where e(t) is the time-varying elastance of the left ventricle and Vo is the unstressed volume. 
The left ventricular volume was determined using the specified proximal flow waveform. 
First, the stroke volume of the left ventricle was determined to be 86.4 mL by integrating the 
flow waveform for a single heart cycle. Then, the end-diastolic volume of the ventricle, Ved, 
was estimated to be 133 mL by assuming a typical ejection firaction of 6S% (Ganong, 1991). 
Finally, the instantaneous volume of the left ventricle was determined for the period of 
contraction using the following formula: 
The model used to calculate the LVP was developed by Santamore and Burkhoff (1991). 
The model assumes a linear end-systolic, and a nonlinear end-diastolic, pressure-volume 
relationship so that 
Pi.v=m^Lvit)-Vo] (3.19) 
(3.20) 
P.siV,y) = E,XV,y-V^) (3.21) 
and 
(3.22) 
where £ei = end-systolic elastance 
Vo = unstressed ventricular volume = 0 mL 
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ALV= scaling factor for end-diastolic pressure = 0.3S nun Hg 
Biv= exponential factor for end-diastolic pressure = 0.033 mL"' 
In addition, the ventricular time-varying elastance, &(/), is assumed to be a sine function during 
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the initial phase of ventricular contraction; t < and an exponential decay function for the 
3T 
remainder of the ventricular contraction: t ^ where Ta is the time to end of systole. 
Thus, 
H?:, 2.'"^ 
and (3.23) 
The X term is the time constant of relaxation taken to be equal to 25 ms. Using the above 
relationships, the left ventricular pressure was calculated using the following formula; 
P v . i l )  =  [ p ^ ( y u v ) - P ^ ( y u , )  •  (3.24) 
The values for the unstressed volume, the time constant of relaxation, the scaling factor 
and the exponential factor were taken from the study conducted by Santamore and Burkhoff 
(1991). Slight modifications of these parameters had only a small effect on the computed 
LVP. The end-systolic elastance and the time to end-systole were calculated by applying the 
following two conditions. 
1. The LVP equals the aortic pressure when aortic flow starts (aortic valve opens). 
2. The maximum value for the LVP equals the maximum value for the aortic pressure. 
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The computed LVP is considered to be only a first-order approximation to the actual LVP 
for a given human subject under specific physiolo^cal conditions. However, since the LVP is 
only used to estimate the extravascular compressive pressure, this approximation was 
considered adequate. If a simultaneous recording of aortic flow and left ventricular pressure 
were available, the LVP would not need to be calculated. 
The above mathematical formulation with the system of governing flow equations and the 
initial and boundary conditions represents a well-posed problem. Since the above system of 
equations is very complex, a numerical method was employed to solve the problem of arterial 
blood flow. The details of the numerical method are presented in the folloAving chapter. 
36 
CHAPTER 4. NUMERICAL METHOD 
Since, the system of partial differential equations and boundary conditions are too complex 
to be solved in a closed form, a numerical method was incorporated to provide an 
approximate solution. A finite difference formulation was chosen wluch replaces the partial 
differential flow equations and boundary conditions with a set of algebraic equations which 
could be solved. This is performed by approximating the derivatives with algebrdc difference 
representations. Thus, the continuous domain is discretized and the dependent variables are 
considered to exist only at a discrete set of points. 
The finite difference method used for the governing flow equations was the two-step Lax-
Wendroff scheme (Anderson et al., 1984). This method is an explicit, three time level, 
second-order accurate, time marching scheme. Applying this scheme to the continuity and 
momentum equations (Eqs. 3.6 and 3.7), respectively, gives the following algebraic equations: 
Two-Step Lax-WendrofT Scheme 
(4.1) 
(4.3) 
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The subscript j corresponds to a spatial point in the arterial segment; the superscript n 
represents the time level. 
Since this scheme requires a three point difference molecule with the values for Q and p 
required at the points,7-l,y and j+l for each time step as shown in Figure 4.1, the two-step 
Lax-Wendrofif scheme could not be used for the proximal and distal points of each segment. 
In tlus case, a simple forward differencing (proximal point) or upwind differencing (distal 
point) was used. In addition, the required boundary conditions were imposed at these 
locations. 
The following difference representations were used for the proximal point of each 
segment. 
1. For the proximal point in the arterial system corresponding to the root of the aorta, 
the flow was specified as a function of time. The pressure was then calculated using a 
forward difference representation for the continuity equation. Thus, 
Proximal and Distal Points and Boundaiy Conditions 
er=0(o (4.5) 
and 
(4.6) 
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j-1 j j+2 j+3 
I • • • • • 
Fig. 4.1: Difiference molecule used for two-step Lax-Wendrofif scheme. 
2. For the remaining segments, the continuity of pressure condition was imposed at the 
bifurcation. The pressure at the proximal point of the daughter segment is taken to be equal 
to the pressure at the distal point of the parent segment (see Figure 3.1). Then, the flow is 
calculated using a forward difference representation for the momentum equation. Thus, 
PT=Pr' (4.7) 
and 
er=s;-^ 
1 m  (e;r A.. 
pc^Aj (4.8) 
The followang difference representations were used for the distal point of each segment. 
1. For an arterial bifurcation, continuity offlow was imposed (see Figure 3.1). Then, the 
pressure was calculated using an upwind difference representation of the continuity equation. 
Thus, 
a" '=gr+er'  (4.9) 
and 
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. Ml 
Ai 
(4.10) 
2. For terminal branches, the pressure was calculated using an upvnnd difference 
representation of the momentum equation so that 
A/ 1 
_n+l P i  = P j - ^ - A* Cj (Q'-Ql-:) (4.11) 
(a) The flow for the systemic terminal branches was calculated using a simple 
difference representation for the modified windkessel model (Eq. 3.11). Thus, 
QT' = 1- A/ A 
^ i?2 
1 + 
_n+l 
N  •  P J  - P J  q:+ A/ 
R ,  RyR^Cj- Pj  
n+l (4.12) 
(b) The flow for the coronary terminal branches was calculated according to the 
lumped parameter model used. 
(i) The following difference representations were used for the waterfall model. 
For/>;>/7i^" (Eq. 3.12), 
^n+l _ _ n+l 
r%n+\_PJ PLVJ (4.13) 
Forpl^pi^y" (Eq. 3.13), 
(ii) The flow for the intramyocardial pump model was determined using the 
following difference representation for Eq. 3.17; 
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Q T - G1 ^PT' - A«2e;+<33(pr' - pt) (4.15) 
where G1 
+/?rc;c;(pr'-2pt +/'r)+/?r^"Q"c-(2e; -er)] 
'' ff" ff ""N P" KT"* 
G2 = A/ 1+^+^ -i^^-i?rc;-KQ"--R,"Cr 
V K i  K j J  «3 
G3 = A/(^+C,"+Q] 
3. For a bypass re-connection, continuity of pressure was imposed (see Figure 3.1). 
Then, the flow was calculated using an upwind difference representation of the momentum 
equation. Thus, 
pT'=Pr' (4.16) 
and 
er=e;~ M (a-r 
Vi PC, pc„Aj 
(4.17) 
Stenosis Model 
For the proximal node of a stenosis, 7, the pressure was calculated using an upwind 
difference representation for the continuity equation. The flow was calculated using the 
stenosis model (Eq. 3.18) so that 
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pr=/';-.-^^(e;-e;-,) ci?) 
and 
1®"!^  
For the distal node of a stenosis, 7+1, the pressure was calculated using a forward 
difference representation for the continuity equation. The flow through the stenosis was 
assumed to be constant, and therefore 
=p;.,-£^(e;.,-e;.,) <4.20) 
•<7»1 
and 
QT.l = QT' (4-21) 
Left Ventricular Pressure Model 
First, the instantaneous volume of the left ventricle was calculated using a trapezoidal 
method for the integral in Eq. 3.20, where Q" represents the flow at the root of the aorta 
(proximal boundary condition) for the time level n. Thus, 
+r„ ~(q:+er') (4.22) 
Then, the instantaneous left ventricular pressure is calculated using the time-varying elastance 
model (Eqs. 3.24). It follows that 
<=(pr'-p2'y*'-p" 
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Numerical Solution 
A computer program, originally written by Nikolaos Stergiopulos (1990) using the 
FORTRAN-77 progranuning language, was modified to incorporate the finite difference 
equations discussed above. The major changes made to the original program were: a different 
pressure-area relationship for the arterial wall discussed in Chapter 2, the implementation of a 
second-order accurate finite difference scheme discussed above, and most notably, the 
addition of the coronary circulation models discussed in Chapters 2 and 3. A complete listing 
of the program is contained in Appendix A. 
A stability analysis was not performed on the above finite difference representations. A 
complete stability analysis would be veiy difficult due to the nonlinear behavior of the 
governing equations and the complex boundary conditions imposed. Stergiopulos (1990) 
performed an approximate stability analysis by linearizing the governing equations (convective 
acceleration and source term in momentum equation were neglected) and ignoring the effects 
of the boundary conditions. The stability criterion obtained was 
which is the well known CFL condition. The CFL condition limits the time step based on the 
local wave speed, ao, and the spatial increment. In order to maintain stability for the linearized 
case, the pressure or flow wave must not propagate a distance greater than the spatial 
increment in the specified time step. For the nonlinear case, the local wave speed is not 
constant but dependent on the instantaneous pressure. Thus, for a given spatial increment, the 
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time step should be modified in relation to the chan^ng wave speed. Otherwise, numerical 
unstability can be observed. Zagzoule and Marc-Vergnes (1986) successfiilly implemented 
such a numerical procedure with a varjdng time step using an interpolation procedure. 
However, such a procedure was beyond the scope of this study and was not attempted. A 
constant time step was used for this study. The computer program was run on a DEC 
workstation with a system of300 nodes and a time step of 0.001 sec. 
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CHAPTERS. PHYSIOLOGICAL MODEL 
The computer model requires the input of numerous physiological parameters to define 
the geometry of the arterial system, the arterial wall properties, the terminal impedance values 
and the blood properties. Most of the geometrical parameters and the wall properties for the 
arterial ^stemic circulation were obtained from the data compiled by Noordergraaf et al. 
(1963) and later modified by Westerhof et al. (1969). The physiological data fi-om these two 
studies have been used satisfactorily by several investigators in various models of the systemic 
circulation (Snyder etal., 1968; Westerhof etal., 1969; Schaaf and Abbrecht, 1972; Avolio, 
1980; Sudand Sekhon, 1986; Stergiopulos, 1990; Stergiopulos e/a/., 1992). The basic 
geometry of the coronary circulation was taken from a study by Wang et al. (1989). These 
data were chosen because it appeared to be most compatible with the geometry available for 
the systemic circulation. However, the study did not give values for the arterial wall 
thickness. Thus, the wall thickness was calculated by assuming the ratio of the luminal radius 
to the wall thickness was constant and equal to 8.2S (Manor et al., 1994a). 
Geometry of Systemic and Coronary Circulations 
For clarity, the geometry of the arterial systemic and coronary circulations are presented 
here individually. However, both circulations are incorporated into a single arterial system for 
input into the computer model. The main left coronary artery was taken to branch from the 
ascending aorta just distal to the root where the aortic flow is specified as input to the model. 
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The required geometrical parameters are the segmental length, /, cross-sectional area. A, 
wall thickness, h and segment orientation. The cross-sectional area was assumed to taper in a 
linear fashion from the first node to the last node of each segment. The ratio of the luminal 
R 
radius to the arterial wall thickness, —, remains essentially constant throughout the arterial 
h 
circulation (Mllnor, 1982). Thus, since the cross-sectional area (A = was assumed to 
taper linearly, the square root of the wall thickness was assumed to vary in a linear fashion 
from the first node to the last node. Thus, the cross-sectional area and the wall thickness were 
input for the first and last node of each segment. The cross-sectional area and wall thickness 
at the interior nodes were then calculated based on these relationships. The orientation of the 
arterial segments was not required for this study since the effects of gravitational loading were 
not investigated. However, they are included here to show the general arrangement of the 
individual arteries. 
Systemic geometry 
A total of fifty-five segments was used to define the main arteries of the systemic 
circulation. A diagram showing the arrangement and branching of these arteries is shown in 
Figure 5.1. In addition, the geometrical parameters for the systemic arterial circulation are 
listed in Table 5.1. 
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Fig. S.l; A diagram of the systemic arterial circulation (Stergiopulos, 1990). 
Table 5.1: Input parameters for the systemic arterial circulation. 
Seg. Name Length 
(cm) 
Proximal A 
(mm^) 
Distal A 
(mm') 
Proximal h 
(mm) 
Distal h 
(mm) 
E 
(10* Pa) 
Angle 
(deg.) 
1 Ascending aorta 4.0 678.9 651.4 1.63 1.63 0.4 90 
2 Aortic arch A 2.0 394.1 394.1 1.32 1.32 0.4 0 
3 Innominate 3.4 120.7 120.7 0.86 0.86 0.4 135 
4 R. subclavian A 3.4 56.21 51.02 0.67 0.67 0.4 180 
5 R. carotid 17.7 43.01 43.01 0.63 0.63 0.8 90 
6 R. vertebral 14.8 11.10 10.52 0.46 0.45 0.8 120 
7 R. subclavian 42.2 51.02 17.50 0.66 0.50 0.8 240 
8 R. radial 23.5 9.511 6.335 0.44 0.41 1.2 240 
9 R. ulnar A 6.7 14.52 12.95 0.49 0.49 1.2 240 
10 R. interosseous 7.9 2.602 2.602 0.28 0.28 1.6 240 
11 R. ulnar B 17.1 12.95 10.52 0.47 0.45 1.6 240 
12 R. internal carotid 17.7 9.842 2.164 0.45 0.26 1.2 90 
13 R. external carotid 17.7 9.842 2.164 0.45 0.26 1.2 135 
14 Aortic arch B 3.9 359.7 359.7 1.27 1.27 0.8 0 
15 L. carotid 20.8 43.01 43.01 0.63 0.63 0.8 60 
16 L. internal carotid 17.7 9.842 2.164 0.45 0.26 1.2 90 
17 L. external carotid 17.7 9.482 2.164 0.45 0.26 1.2 45 
18 Thoracic aorta A 5.2 313.5 143.1 1.20 1.20 0.4 270 
19 L. subclavian A 3.4 56.21 51.02 0.67 0.67 0.4 45 
20 Vertebral 14.8 11.10 10.52 0.46 0.45 0.8 60 
Table s.l; (Continued) 
Seg. Name Length 
(cm) 
Proximal A 
(mm^) 
Distal A 
(mm^) 
Proximal h 
(mm) 
Distal h 
(nun) 
E 
(10«Pa) 
Angle 
(deg.) 
21 L. subclavian B 42.2 51.02 17.50 0.66 0.50 0.8 300 
22 L. radial 23.5 9.512 6.335 0.44 0.41 1.2 300 
23 L. ulnar A 6.7 14.52 12.95 0.49 0.49 1.2 300 
24 L. interosseous 7.9 2.602 2.602 0.28 0.28 1.6 300 
25 L. ulnar B 17.1 12.95 10.52 0.47 0.45 1.6 300 
26 Intercostals 8.0 12.57 7.069 0.52 0.35 0.8 0 
27 Thoracic aorta B 10.4 143.1 116.9 0.90 0.87 0.4 270 
28 Abdominal aorta A 5.3 116.9 105.7 0.84 0.82 0.4 270 
29 Celiac A 1.0 47.78 47.78 0.64 0.64 0.4 0 
30 Celiac B 1.0 47.78 47.78 0.64 0.64 0.4 0 
31 Hepatic 6.6 15.21 15.21 0.49 0.49 0.4 315 
32 Gastric 7.1 10.18 10.18 0.45 0.45 0.4 450 
33 Splenic 6.3 23.76 23.76 0.54 0.54 0.4 0 
34 Superior mesenteric 5.9 59.45 59.45 0.69 0.69 0.8 225 
35 Abdominal aorta B 1.0 105.7 104.6 0.82 0.82 0.4 270 
36 L. renal 3.2 21.24 21.24 0.52 0.52 0.8 0 
37 Abdominal aorta C 1.0 104.6 103.5 0.816 0.813 0.4 270 
38 R. renal 3.2 21.24 21.24 0.52 0.52 0.8 0 
39 Abdominal aorta D 7.6 103.5 95.39 0.813 0.784 0.4 270 
40 Inferior mesenteric 5.0 8.042 8.042 0.43 0.43 0.4 270 
Table 5.1: (Continued) 
Seg. Name Length 
(cm) 
Proximal A 
(mm^) 
Distal A 
(mm^) 
Proximal h 
(mm) 
Distal h 
(mm) 
E 
(10* Pa) 
Angle 
(deg.) 
41 Abdominal aorta E 1.0 95.39 94.34 0.784 0.78 0.4 270 
42 R. common iliac 5.8 42.54 36.96 0.63 0.60 0.4 315 
43 L. common iliac 5.8 42.54 36.96 0.63 0.60 0.4 225 
44 L. external iliac 14.4 36.96 22.90 0.60 0.53 0.4 315 
45 L. internal iliac 5.0 12.57 12.57 0.40 0.40 1.6 270 
46 L. femoral 44.3 21.07 11.34 0.52 0.46 8.0 270 
47 L. deep femoral 12.6 20.43 10.87 0.52 0.46 8.0 315 
48 L. posterior tibial 32.1 10.18 6.246 0.51 0.41 1.6 270 
49 L. anterior tibial 34.3 5.309 3.142 0.39 0.30 1.6 270 
50 R. external iliac 14.4 36.96 22.90 0.60 0.53 0.4 225 
51 R. internal iliac 5.0 12.57 12.57 0.40 0.40 1.6 270 
52 R. femoral 44.3 21.07 11.34 0.52 0.46 0.4 270 
53 R. deep femoral 12.6 20.43 10.87 0.52 0.46 1.6 225 
54 R. posterior tibial 32.1 10.18 6.246 0.51 0.41 0.8 270 
55 R. anterior tibial 34.3 5.309 3.142 0.39 0.30 1.6 270 
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Coronal^ geometry 
Fourteen segments were used to define all the major branches of the left epicardial 
coronary arteries. A diagram, displayed in Figure S.2, shows the arrangement and 
branching of these arteries. In addition, the geometrical parameters for the epicardial 
arterial circulation are listed in Table S.2. Since the epicardial coronary arteries do not 
taper significantly, a constant value was used for the segmental cross-sectional area and 
thickness. 
Fig. S.2: A diagram of the left epicardial coronary circulation. 
Table 5.2; Input parameters for the left arterial coronary circulation. 
Seg. Name Length 
(cm) 
Proximal A 
(mm^) 
Distal A 
(mm^) 
Proximal h 
(mm) 
Distal h 
(mm) 
E 
(10* Pa) 
Angle 
(deg.) 
IC Left main coronary 2.2 10.90 10.90 0.226 0.226 0.5 353 
2C Left ant. descending A 2.7 6.560 6.560 0.175 0.175 0.5 343 
3C First diagonal branch 4.7 3.333 3.333 0.125 0.125 0.5 337 
4C Left ant. descending B 2.9 4.870 4.870 0.151 0.151 0.5 322 
5C Second diagonal branch 2.2 1.562 1.562 0.0855 0.0855 0.5 305 
6C Left ant. descending C 6.9 3.301 3.301 0.124 0.124 0.5 278 
7C Ramus Intermedius 4.6 A.in A.in 0.141 0.141 0.5 280 
8C Left circumflex A 2.0 6.697 6.697 0.177 0.177 0.5 270 
9C First marginal branch 3.5 4.227 Mil 0.141 0.141 0.5 290 
IOC Left circumflex B 1.5 5.309 5.309 0.158 0.158 0.5 255 
lie Second marginal branch 3.0 3.142 3.142 0.121 0.121 0.5 292 
12C Left circumflex C 2.1 4.301 4.301 0.142 0.142 0.5 258 
13C Third marginal branch 3.7 3.365 3.365 0.125 0.125 0.5 315 
14C Left circumflex D 3.9 3.237 3.237 0.123 0.123 0.5 305 
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Arterial Wall Properties 
In the mathematical formulation section of this paper, the area compliance was 
introduced to eliminate the time derivative of the cross-sectional area in the continuity 
equation (see Eq. 3.7). The arterial compliance is a fiinction of the distending intraluminal 
pressure. Thus, the pressure-compliance relationship developed by Langewouters et al. 
(1984) was used (Eq. 3.5). However, this arterial compliance model requires the 
estimation of three parameters: the maximum compliance, Cmax, the max-Ci pressure, p<, 
and the half-width pressure, pi. These three coefficients are related to the complex 
properties of the arterial wall and have no direct physical relevance. 
In general, the arteries become "stifTer" as they extend toward the periphery (Caro et 
al., 1978). TWs is reflected by a decrease in the arterial compliance for a given reference 
pressure. This effect can be incorporated into the compliance model by assigning a 
respective value of Cmax for each arterial segment. In addition, the pressure-compliance 
relationship changes with distance from the heart. Thus, the values ofpo and p\ also vary 
and must be estimated for each arterial segment. 
An approximate relationship was found between pa and pi and the pulse wave velocity 
at a reference pressure of 100 mm Hg, Oo, using the data from the study by Langewouters 
et al. These relationships are shown in Figures 5.3 and 5.4, respectively. The pulse wave 
velocity is predicted by the following formula; 
(5.1) 
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Langowouters etal. (1984) 
Best-fit line 50 
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Fig. 5.3: Relationship betweenpo and the pulse wave velocity determined for the 
arctangent pressure-area model. 
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Fig. 5.4: Relationship betweenpi and the pulse wave velocity determined for the 
arctangent pressure-area model. 
Langsvwulers et al. (1984) 
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Since the human subjects used by Langewouters et al. ranged in age firom 30 to 88, the 
pulse wave velocities for the aortic segments was within the range of pulse wave velocities 
for all the arterial segments in this study. Thus, the relationship detemuned for the two 
compliance parameters was considered valid for each arterial segment in the present 
model. 
To estimate the value of the pulse wave velocity, the area compliance at a reference 
pressure of 100 mm Hg, €„/, was needed for each arterial segment. The arterial 
compliance was calculated using the following formula; 
C Ap £:(2a + l) 
Thus, the static modulus of elasticity, E, was required as input to the computer model. 
Values for the modulus of elasticity are difficult to estimate. Due to lack of sufficient 
data, the following guidelines were used to assign values for E for the systemic arterial 
segments (Westerhof et al., 1969): 
1. £ = 0.4 MPa for trunk, upper arms, upper legs and lower part of the carotid artery. 
2. E = 0.8 MPa for the middle part of the legs, arms and head. 
3. £ = 1.6 MPa for the lower part of the legs and arms and smaller vessels in the head. 
The value of E for the coronary arterial segments was estimated from the study by Manor 
et al. (1994a). The modulus of elasticity values used as input are listed in Tables 5.1 and 
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With estimated values for po, p\ and Cnf, the maximum area compliance was 
calculated using the arctangent compliance model with the computed value for the area 
compliance at a reference pressure of 100 mm Hg. Thus, 
A lumped parameter model was used for the terminal impedances at the distal point of 
each terminal branch in the arterial system, and thus the appropriate values for the terminal 
impedance parameters are required as input into the computer model. Although different 
terminal impedance models were used for the systemic and coronary circulations, each 
requires the estimation of the values of terminal resistance and volume compliance. 
Systemic terminal impedances 
A modified windkessel model was used for the systemic terminal impedances (see 
Figure 3.2). Thus, the two terminal resistances, Ri and R2, and the terminal compliance, 
CT, were required as input to the computer model. The total terminal resistance, RT=RI + 
RI, is defined as the ratio of the mean pressure to the mean flow for a terminal branch. 
Since the total terminal resistance was more readily available in the literature, this quantity 
was determined and a distribution of resistances was assumed for the modified windkessel. 
Although the measurement of the total resistance is fairly straightforward, a consistent set 
of values was not found in the literature. The values estimated by Schaaf and Abbrecht 
(1972) were used for this study. A listing of the total terminal resistances used for the 
systemic circulation are shown in Table 5.3. 
K^mmHg- p, (5.3) 
Terminal Impedances 
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Table 5.3; Systemic terminal impedance data. 
Segment Total resistance Terminal compliance 
a f-1 I n ]  
6 6.010E+11 3.0955E-09 
8 5.280E+11 3.5235E-09 
10 8.430E+12 2.2069E-10 
11 5.280E+11 3.5235E-09 
12 1.390E+12 1.3384E-09 
13 1.390E+12 1.3384E-09 
16 1.390E+12 1.3384E-09 
17 1.390E+12 1.3384E-09 
20 6.010E+11 3.0955E-09 
22 5.280E+11 3.5235E-09 
24 8.430E+12 2.2069E-10 
25 5.280E+11 3.5235E-09 
26 1.390E+11 1.3384E-08 
31 3.630E+11 5.1251E-09 
32 5.410E+11 3.4389E-09 
33 2.320E+11 8.0191E-09 
34 9.300E+10 2.0005E-08 
36 1.130E+11 1.6464E-08 
38 1.130E+11 1.6464E-08 
40 6.880E+11 2.7041E-09 
45 7.936E+11 2.3443E-09 
47 4.770E+11 3.9003E-09 
48 4.770E+11 3.9003E-09 
49 5.590E+11 3.3281E-09 
51 7.936E+11 2.3443E-09 
53 4.770E+11 3.9003E-09 
54 4.770E+11 3.9003E-09 
55 5.590E+11 3.3281E-09 
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The individual resistances were then estimated by assuming a value for the ratio of the 
proximal resistance to the total resistance, — . Following Stergiopulos (1990), this ratio 
Rj. 
was taken to be equal to 0.2 for all of the arterial segments. The selection of this value 
was rather arbitrary, but it was consistent with values calculated by Raines et al. (1974) 
for the human leg and measured by Weerappuli (1987) for the hindlimb of the dog. Thus, 
the major component (80%) of the terminal resistance was assumed to occur in the distal 
microvasculature. Whereas, the proximal resistance represents the cumulative resistances 
of all the medium-sized arteries supplying the distal beds. 
The terminal compliance represents the combined effect of the vessels distal to the 
termination site. This parameter is difficuh to measure and few values have been reported 
in the literature. The procedure outlined by Stergiopulos (1990) was used to evaluate the 
terminal compliance values for the systemic circulation. First, the total arterial compliance 
itiL 
was estimated to be 1.0 . The cumulative resistance of the arterial network was 
mmHg 
calculated by adding up all of the volume compliances for the individual segments. The 
volume compliance of each segment was calculated by multiplying the area compliance 
fnL (Eq 5.2) by the segmental length. This value was calculated to be 0.835 . A 
mmHg 
ftiL 
residual compliance, C^oires, was then calculated to be 0.165 based on these 
mmHg 
values. The terminal compliances were then calculated based on the mean flow through 
the terminal branches using Eq. 5.4. The term, Rtotai, represents the total resistance of the 
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arterial tree which was calculated by summing up the resistances of the individual 
segments. The values obtained for the terminal compliances for the systemic circulation 
were calculated using the following relationship; 
O • R (-> _ f _ /-< 
7) /-« vai,rts „ ^vot.ru 
Vtobi 
and specific values are listed in Table 5.3. 
Coronary terminal impedances 
Both coronary terminal impedance models contained lumped parameters which were 
related to the resistance and compliance of the distal beds. The waterfall model (see 
Figure 3.3) required the estimation of a single terminal resistance and compliance. For the 
intramyocardial pump model (see Figure 3.4), three terminal resistances and two terminal 
compliances needed to be determined. The terminal impedances for the coronary 
circulation were calculated in a manner similar to the systemic circulation. 
The total terminal resistances for the coronary circulation were taken from the study 
by Wang et al. (1989). Since this study was also the source of the coronary circulation 
geometry, the terminal resistances were assumed to be consistent with the relative size of 
the epicardial vessels. The values of the total coronary terminal compliances are listed in 
Table 5.4. 
The distribution of the total terminal resistance between the intramyocardial 
compartments for the intramyocardial pump model was estimated using values reported by 
Chilian et al. (1989) and later modified by Manor et al. (1994a). Chilian et al. reported 
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Table 5.4; Coronary terminal impedance data. 
Segment Total resistance Terminal compliance 
(?) 
3C 3.082E+10 7.811E-11 
5C 8.732E+10 2.757E-11 
6C 6.129E+10 3.927E-11 
7C 1.470E+10 1.637E-10 
9C 1.622E+10 1.484E-10 
lie 3.423E+10 7.032E-11 
13C 6.080E+10 3.959E-11 
14C 6.929E+10 3.474E-11 
R R^ 
resistance ratios of 25%, 68% and 7% for the arterial, —, microvasculature, —, and 
RJ. RJ. 
venular compartments, —, respectively. However, since the venular compartment is 
subject to collapse due to low transmural pressures. Manor et al. felt the resistance ratio 
for this compartment was too low. Thus, they arbitrarily increased the venular proportion 
of resistance and correspondingly decreased the microvasculature resistive component. 
The modified terminal resistance ratios, which were used for this study, were taken to be 
25% for the arterial component, 50% for the microvasculature component and 25% for 
the venular component. The values for Ri, R2 and R3 were then calculated based on these 
resistance ratios using the value for the total terminal resistance. 
The total terminal compliance, Cr, was estimated in a manner similar to the systemic 
terminal branches. A global compliance value for the coronary circulation was taken to be 
mlt 0.08764 . This value was modified from the one reported by Manor et al. (1994a) 
mmtig 
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to obtain a global compliance value consistent with the chosen coronary geometiy. The 
total compliance of the individual coronary segments was calculated to be 0.007S3 
fttL 
. The residual compliance was then distributed to the terminal branches in 
mniHg 
proportion to the mean flow through the terminal branches based on the total terminal 
resistance values (Eq 5.4). 
With an approximate value for the total terminal compliance, Cr = Cj + C2, the two 
compartmental compliance values for the intramyocardial pump model were calculated. 
C The ratio between the proximal compliance to the total compliance, —, was assumed to 
Cj. 
be equal to 40%. This ratio was extrapolated from a study by Spaan et al. (198S) on the 
distribution of compliance within the intramyocardial circulation. Thus, the largest portion 
of the terminal compliance (60%) was located in the venular compartment of the 
intramyocardial circulation. The values obtained for the coronary terminal compliances 
are listed in Table S.4. 
Finally, the rheological properties of blood were specified. Blood was assumed to be a 
JQO 
Newtonian fluid with constant properties. The density was taken as 1050 and the 
m 
Ns dynamic viscosity was taken as 0.0045 —7. 
m 
The physiological data presented in this chapter were assumed to be representative of 
a healthy young adult. A data file containing all of the input parameters to the computer 
model is shown in Appendix B. With the completion of the physiological portion of the 
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model, the computer model for the coronary circulation was evaluated and applied to 
several clinically relevant situations. The details of this analysis are presented in the 
following chapters. 
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CHAPTER 6. COMPUTER SIMULATION OF CORONARY BLOOD FLOW 
The computer model for the coronary circulation described in the previous chapters was 
evaluated to determine its ability to simulate coronary blood flow for several different 
physiological states. Two different models, the waterfall model and the intramyocardial pump 
model, were used to simulate the intramyocardial circulation through a coronary terminal 
impedance. Therefore, the performance of the two models was compared to determine the 
model of choice. In addition, the constitutive equation used for the arterial wall was 
compared to a quadratic pressure-area relationship used previously by Stergiopulos (1990). 
As mentioned previously, precise initial conditions could only be imposed at the proximal and 
distal boundaries. Fortunately, any discrepancies between the prescribed initial conditions and 
the required initial conditions were damped out due to viscous effects, and the solution 
converged after two cycles. The plots of the computed waveforms are shown for the steady-
state when the solution was converged. 
Control Case 
The physiological data presented in Chapter 5 were assumed to be representative of a 
healthy young adult and therefore were used for the control case or "normal" condition for the 
computer model. The control case also was included the following characteristics. 
1. The arctangent model developed by Langewouters et al. (1984) was used as the 
constitutive equation for the arterial wall. 
2. The left ventricular pressure contributed 100% to the extravascular compressive 
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pressure for the waterfall model and 50% for the intramyocardial pump model. 
3. The arterial system was free of any stenoses or arterial bypasses. 
The control case was used to compare the performance of the two models used for the 
coronary terminal impedance. In addition, this control case was used for comparison to 
evaluate the effects of various pathophysiological conditions on coronary blood flow. The 
details of this analysis are presented in the following chapter. 
The flow waveform specified at the root of the aorta, which was used as input to the 
computer model, was generated using the Fourier coefficients listed in Table 6.1. This flow 
waveform was used for each of the simulations presented in this dissertation. 
Table 6.1: Fourier coefficients used to simulate proximal flow waveform. 
Harmomc Cosine term Sine term 
w J w J 
0 0.86393E-4 O.OOOOOE+0 
1 -0.88455E-4 0.13368E-3 
2 -0.52515E-4 -0.12280E-3 
3 0.86471E-4 0.22459E-4 
4 -0.26395E-4 0.22693E-4 
5 -0.12987E-4 0.22398E-5 
6 0.20133E-5 -0.22315E-4 
7 0.70896E-5 0.10065E-4 
8 0.32577E-5 -0.21066E-5 
9 -0.56573E-5 0.90633E-5 
10 -0.19302E-5 -0.85422E-5 
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Evaluation of Constitutive Equations 
The computer model which this research was based on (Ster^opulos, 1990) used a 
quadratic pressure-area relationship as the constitutive equation for the arterial wall as shown 
below. Thus, as previously discussed 
Although this equation accounts for the nonlinear properties of the arterial wall, it gives a 
linear pressure-area compliance relationship upon taking the derivative with respect to the 
distending pressure,/). In addition, by judicious selection of the two compliance coefficients, 
Ci and Cni, using previous findings by Streeter et al. (1963), the quadratic term was evaluated 
as C„i = (C/)^. Thus, the nonlinear compliance parameter must be positive, and the arterial 
compliance was taken to increase with distending pressure. This contradicts with several 
studies which show the pressure-area compliance relationship to be nonlinear and the 
compliance to decrease with large distending pressures (Bergel, 1961; Langewouters et al, 
1984; Wang era/., 1986;Meistere/a/., 1994). 
Therefore, a more realistic pressure-area compliance relationship was used for this study 
based on the arctangent model developed by Langewouters et al. (1984). Thus, as previously 
discussed 
Unlike the quadratic relationship which was used for its simplicity, this relationship was based 
on a theoretical premise and shown to be valid for static measurements on human thoracic and 
(6.1) 
(6.2) 
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Fig. 6.1: The pressure-area relationships for the two constitutive equations used for the 
arterial wall. 
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Fig. 6.2: The pressure-compliance relationships for the two constitutive equations used for 
the arterial wall. 
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abdominal aortic segments. However, neither of these models account for wall inertia or 
viscoelasticity. A comparison of these two pressure-area and pressure-area compliance 
relationships as applied to the femoral artery is shown in Figure 6.1 and 6.2, respectively. The 
arctangent model shows a pressure-area and pressure-area compliance relationship more 
consistent with experimental findings. The pressure-area curve for the arctangent model is 
concave while the quadratic model has a convex curve. Thus, the area continually increases 
with increasing distending pressure for the quadratic model. The arctangent model predicts 
that the area approach an asymptotic value for large distending pressures, which seems to be 
more reasonable. The difference between the two models for the area was not very prominent 
for the normal range of physiological pressures. 
However, a large difTerence was apparent for the corresponding pressure-compliance 
relationships as shown in Figure 6.2. The quadratic pressure-area relationship gives a linear 
pressure-area compliance relationship. Several researchers have shown the arterial 
compliance to be a nonlinear function of the pressure. In addition, the area compliance 
increases with increasing pressure and can achieve negative values for the quadratic model if 
the pressure is low enough, which is physically impossible. The pressure-area compliance 
relationship for the arctangent model is nonlinear, and the compliance decreases with 
increasing pressure. 
A representation of the pressure waveforms simulated for the aorta and the femoral artery 
are shown in Figures 6.3 for the two different constitutive equations. In addition, the 
simulated flow waveforms for the femoral artery are shown in Figure 6.4. (Since the aortic 
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Fig. 6.3; A comparison of the pressure waveforms simulated using the two different 
constitutive equations for the arterial wall. 
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Fig. 6.4; A comparison of the flow waveforms simulated using the two dififerent constitutive 
equations for the arterial wall. 
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flow was prescribed as input, it was the same for both pressure-area models.) The waveforms 
produced using the arctangent model appear to be more consistent with actual experimental 
recordings than the waveforms simulated using the quadratic model. However, the difference 
was most evident in the femoral artery. Since the arterial wall for the arctangent model was 
less compliant for larger pressures than the quadratic model, the peak pressure pulses were 
slightly amplified in both the aorta and the femoral arteiy. Alternately, since the quadratic 
model predicts the arterial compliance to decrease with decreasing pressure, the diastolic 
pressure for the quadratic model was slightly higher than the arctangent model. However, the 
pulse pressures for both models were approximately the same. The rising pressure and flow 
slopes of the femoral artery for the arctangent model were steeper than the quadratic model. 
In addition, the waveforms for the arctangent model were slightly skewed. Since the arteries 
become less compliant with distending pressure for the arctangent model, the pulse wave 
velocity also increases based on the Moens-Korteweg equation. Thus, the peak pressure 
should travel faster as the pressure propagates from the aorta to the periphery. This explains 
the phase shift between the two curves for the femoral artery and the skewness of the pressure 
pulse for the arctangent model. This phenomena is consistent with experimental findings for 
medium-sized arteries like the femoral artery (O'Rourke and Taylor, 1966). The flow 
waveform in the femoral artery for the quadratic model exlubited large fluctuations in the 
diastolic period with significant backflow. Although some backflow was evident shortly after 
systole for the arctangent model, the flow remained at approximately zero for the remainder of 
the diastolic period. Overall, the arctangent model was assumed to be a more representative 
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constitutive equation for the arterial waii. However, the arctangent model required the 
evaluation of three parameters while the quadratic model required only two. 
Evaluation of Coronary Modeb 
As previously discussed, two different models are frequently used to explain the pressure-
flow relationships of the coronary circulation: the waterfall model and the intramyocardial 
pump model. Two terminal impedances based on these models were incorporated into the 
computer model to simulate the effects of the contracting myocardium on the intramyocardial 
circulation. Since some controversy still exists as to which of these two models best describes 
the coronary circulation, the simulated waveforms were compared. Since the coronary 
perfusion pressure is approximately equal to aortic pressure, the main emphasis was placed on 
coronary flow. 
The simulated flow waveforms in the main left coronary artery and the distal segment of 
the left anterior descending coronary artery (LAD) for the two terminal impedance models are 
shown in Figures 6.5 and 6.6, respectively. The perfusion pressure and the left ventricular 
pressure, which was calculated using the time-varying elastance model outlined in Chapter 3, 
are also displayed to show the different periods of the cardiac cycle. Both models predicted a 
brief drop in flow during early systole, with some retrograde flow occurring for the 
intramyocardial pump model, followed by a small flow peak during the remainder of systole. 
The systolic flow peak for the intramyocardial pump model was larger than the waterfall 
model. The terminal compliances of the intramyocardial pump model are allowed to vary 
throughout the cardiac cycle based on a single representative intramyocardial vessel (Eq. 3.14) 
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Fig. 6.6: A comparison of flow in the distal segment of the left anterior descending coronaiy 
artery for the two terminal impedance models. 
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while the terminal impedances for the waterfall model remain constant. During systole the 
transmural pressure rapidly decreases which increases the intramyocardial pump model 
terminal compliances. Therefore, a larger portion of flow was allowed to "fill" the 
intramyocardial vessels during systole, and a larger systolic flow component was observed. 
The main component of flow occurred during the diastolic period. The intramyocardial pump 
model had a large component of flow shortly after the ventricular pressure subsided followed 
by a small peak corresponding to the dicrotic notch. For the LAD coronary artery, the 
waterfall model had a small peak following systole and then remained relatively constant for 
the remainder of diastole. For the left main coronary artery, the diastolic peaks were 
approximately the same magnitude of the systolic peak. During the diastolic period, the 
transmural pressure is essentially equal to the perfusion pressure since the left ventricular 
pressure is approximately zero. According to the waterfall model, the flow during this period 
is purely resistive and dependent solely on the perfusion pressure. Alternately, the 
intramyocardial pump model takes into account both the vascular resistance and compliance 
during the entire cardiac cycle. However, since the perfusion pressure does not vary much 
during late diastole, the terminal impedance values were not altered very much. The flow for 
the intramyocardial pump model slowly approaches zero during diastole while the waterfall 
model predicts significant flow during late diastole. As a note, the terminal resistance of the 
waterfall model was manually decreased by 30% during the diastolic period when the 
transmural pressure was greater than zero. Otherwise, the waterfall model underpredicted the 
flow during the diastolic period. The terminal resistance was adjusted so that the mean flow 
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to the coronary arteries was the same for both models. The mean pressure for both models 
was approximately equal to 90 mm Hg. The mean flow in the main left coronary artery was 
equal to 2.9 mL/s, and the mean flow in the LAD coronary artery was 0.19 mL/s. 
A recording of blood flow in the coronary arteiy of a dog taken from Tomoike et al. 
(1981) is shown in Figure 6.7. The experimental recording has the same main flow 
characteristics of the simulated waveforms. There is a systolic flow unpedance with only a 
small flow peak present during systole. The majority of flow occurs during the diastolic 
period. 
Fig. 6.7 ; An experimental recording of blood flow versus time in the coronary artery of a dog. 
Since the intramyocardial pump model consists of three compartments representing the 
small arteries and large arterioles, the microvasculature, and venules and veins, respectively, 
the compartmental flows and intramyocardial pressures were also simulated. The three 
compartmental flows are presented in Figure 6.8 and the three compartmental intramyocardial 
pressures are presented in Figure 6.9 for the terminal branch of the left anterior descending 
coronary arteiy. The phasic flow differences for the three compartments are pronounced. As 
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Fig. 6.8: The compartmental flow waveforms for the terminal impedance of the left anterior 
descending coronary artery. 
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Fig. 6.9: The compartmental intramyocardial pressure waveforms for the terminal impedance 
of the left anterior descending coronary artery. 
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expected, the arterial component was similar to the waveform shown in Figure 6.6 with the 
main flow component occurring in diastole. Only retrograde flow is observed in the systolic 
period for the arterial compartment. The flow peak observed during systole for the flow 
simulation of the LAD coronary artery charged the intramyocardial compliance vessels, but 
did not contribute to the overall flow through the intramyocardial vessels. The flow in the 
microvasculature compartment remained essentially constant during the entire cardiac cycle 
with a small peak observed during diastole. Flow in the microvessels, such as the capillaries, 
is generally believed to be essentially steady. The flow in the venular compartment was 
largely systolic. This agrees with previous findings by Canty and Brooks (1990) which 
showed a large coronary venous outflow during systole in the conscious dog. 
As expected, the intramyocardial pressure in the arterial compartment drops rapidly upon 
initiation of ventricular contraction then subsides during ventricular relaxation. The 
intramyocardial pressure in the microvasculature and venular compartments was relatively 
constant during the entire cardiac cycle. A brief period of negative intramyocardial pressure 
was observed for the venular compartment during systole. Thus, the venular compartment 
was subject to collapse. Since systolic venous outflow flow was observed for the venular 
compartment, the collapse caused blood to be squeezed out of the venular vessels. Since an 
"average" myocardial layer was used for the temunal impedance model in this analysis, some 
deviations will exists for the intramyocardial compartment flows and pressures over the entire 
thickness of the left ventricular wall. 
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Both models were able to simulate the main characteristics of coronaiy blood flow. 
However, based on the characteristics of the phasic flow patterns compared with experimental 
findings, the intramyocardial pump model appears to be a more realistic representation of the 
intramyocardial circulation than the waterfall model. In addition, the intramyocardial pump 
model has the ability to simulate the three compartmental flows which can be beneficial in 
determining the combined effects of vascular disease on coronaiy blood flow. Thus, the 
intramyocardial pump model was used in the remaining simulations. 
Effect of Extravascular Compressive Pressure 
Since the intramyocardial pressure generated by the contracting myocardium varies from 
the endocardial surface to the epicardial surface, an "average" myocardial layer was used for 
the intramyocardial pump model to model the combined effects of all the myocardial layers 
throughout the ventricular wall. The ventricular pressure was assumed to contribute 50% to 
the extravascular compressive pressure in this average myocardial layer for the 
intramyocardial pump model. This proportion was chosen based on reports that the 
intramyocardial pressure varies in an approximately linear fashion through the ventricular wall 
(Archie, 1973). However, the distribution of intramyocardial pressure has been observed to 
change during the cardiac cycle (Armour and Randall, 1971; Heineman and Grayson, 1985). 
It may also be dependent on the physiological state (Archie, 1975). However, these findings 
have generated some controversy since the intramyocardial pressure is a diflicult quantity to 
measure (Westerhof, 1990). Therefore, the percentage of the ventricular pressure 
contributing to the extravascular compressive pressure was varied to determine its effects on 
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coronary blood flow. The flow waveforms generated in the distal segment of the left anterior 
descending coronary artery for percentage values of 30%, S0% and 70% are displayed in 
Figure 6.10. As expected, using a percentage value of 30% for the extravascular compressive 
pressure increased the flow during the systolic period. Since the extravascular compressive 
pressure was lower for this case, the vascular resistance was decreased. For the 50% case, 
which was the control value, a small peak was observed during systole. Surprising, the 
systolic flow for the 70% case increased beyond the control value even though the vascular 
resistance was increased due to the fact that a larger portion of the ventricular pressure 
contributed to the extravascular compressive pressure. This can be explained by the feet that 
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Fig. 6.10: A comparison of the simulated waveforms in the distal segment of the left anterior 
descending coronary artery for different magnitudes of the ECP. 
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the vascular compliance increased because the transmural pressure was lower. Thus, the 
intramyocardial compliance vessels expanded more for this case than the control case. As 
expected, the change in the ventricular pressure percentages had only a small effect on the 
diastolic flow since the extravascular compressive pressure does not play a role during this 
time. The 50% case seems to be the most reasonable estimation for the extravascular 
compressive pressure. However, even large changes m the magnitude of the extravascular 
compressive pressure had only a minimal effect on the computed waveforms. 
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CHAFFER 7. CLINICALLY RELEVANT CASES 
One of the main purposes for developing a computer model of the arterial circulation is to 
gain some insight into the role of hemodynamics in disease. In addition, the model can be a 
usefiil diagnostic tool for assessing the severity of pathophysiological conditions related to the 
cardiovascular system. Thus, several clinically relevant cases were investigated to determine 
the ability of the computer model to predict the effect of vascular disease on the generated 
pressure and flow waveforms. The following cases were studied. 
1. A coronary stenosis with and without autoregulation. 
2. A coronary stenosis with either an aortocoronary bypass or an internal mammary artery 
bypass. 
3. A subclavian steal phenomena with an internal mammary artery bypass. 
Coronary Stenosis 
A common coronary disease is the development of obstructive lesions (stenosis) on the 
inner surface of a coronary artery. The narrovnng of the vessel creates an increased pressure 
drop across the stenosis which decreases the perfusion pressure of the distal vascular beds. 
This causes either a decrease in the amount of blood which can be delivered to the heart tissue 
and/or a compensatory decrease in the vascular resistance. Thus, the effects of a coronary 
stenosis without and with autoregulation, which causes local vasodilation during low 
perfusion periods, are investigated. 
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To investigate the effects of stenoses on coronary blood flow, an empirical relationship 
developed by Young and Tsai (1973) was used which relates the pressure drop across the 
stenosis to the instantaneous flowrate through the stenosis. As pre\aously described, this 
relationship is 
A-i 
A„ at 
This stenosis model accounts for viscous, unsteady, and turbulent effects. It has been shown 
to adequately reproduce the nonlinear beha\dor of rigid arterial stenoses of varying shapes 
(Youngera/., 1975; Seeley and Young, 1976). 
Without autoregulation 
A stenosis with varying degrees of severity was placed in the distal segment of the left 
anterior descending coronary artery (segment #6C), a common site of arterial narrowing. No 
autoregulatory mechanisms were activated. The stenosis length was taken to be 1.0 cm, 
^ving a length to diameter ratio of 4.8. The generated flow waveforms through stenoses with 
60%, 80%, 90% and 95% of the cross-sectional area blocked are presented in Figure 7.1, and 
the respective pressure waveforms are shown in Figure 7.2. In addition, the flow and pressure 
waveforms for the control case with no stenoses are also shown for comparison. The 80%, 
90% and 95% stenoses resulted in a sigmficant reduction in the pulsatility of the flow and 
pressure. Both the systolic peak and diastolic flow peaks were damped. In fact, the systolic 
flow peak was totally absent for the 95% stenosis case. In addition, the backflow observed 
during early systole was decreased for each of the stenosis cases. 
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Fig. 7.1: Flow waveforms generated with a stenosis present in the left anterior descending 
coronary artery without autoregulation. 
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Fig. 7.2: Pressure waveforms generated with a stenosis present in the left anterior descending 
coronary arteiy without autoregulation. 
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A common marker used to assess the severity of peripheral stenoses is the pulsatility 
index. The pulsatility index, PI, is defined as the peak to peak flow divided by the mean flow, 
so that 
PJ — ^nux Qmin tn i \ 
Q 
The pulsatility index can be measured non-invasively for most peripheral arteries using an 
ultrasonic flowmeter. Since the coronaries arteries are not easily accessible, an invasive 
technique, such as an angiogram, is used to assess the severity of a stenosis causing 
symptomatic myocardial ischemia. However, the assessment of coronary stenoses using an 
angiogram can be left to interpretation, and a more exact technique would be desirable. The 
pulsatility index could offer such a method. A graph showing the relationship between the 
normalized pulsatility index (PUPIcontroi) and the percent stenosis is shown in Figure 7.3. The 
graph shows the pulsatility to remain at approximately the control value until an 80% stenosis 
was reached. 
The main effect of a stenosis is the decrease in mean flow caused by the large pressure 
drop introduced by the narrowing of the artery. In the case of a coronary stenosis, this effect 
can be life threateiung. A graph showing the relationstup between normalized flow {QIQconmi) 
and stenosis severity is presented in Figure 7.4. The stenoses did not have a significant effect 
on mean coronary blood flow until approximately 80% of the cross-sectional area was 
blocked. Then, mean flow decreased rapidly with increasing percent stenosis until mean flow 
was reduced by roughly 70% at a stenosis percentage of 96%. This trend is typical where the 
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anterior descending coronary artery without autoregulation. 
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stenosis has only a minimal effect on flow until a critical stenosis value is reached (Young et 
al.y 1977). Thus, a stenosis can be asymptomatic even when a coronary artery is blocked by 
80%. 
The effect of a stenosis on the intramyocardial circulation was also investigated. A plot of 
the intramyocardial flow in each compartment with a 90% stenosis in the distal segment of the 
lefl anterior descending coronary artery is shown in Figure 1.5. In addition, the respective 
intramyocardial pressures are shown in Figure 7.6. The stenosis caused a decrease in both the 
pulsatility and mean values of the flow and pressure. The main reductions in flow and 
pressure occurred shortly after the end of systole for the arterial and microvasculature 
compartments. The venular flow was decreased during the entire diastolic period. For the 
control case, the terminal resistance decreases after the end of systole since the ventricular 
pressure diminishes. For a stenosis, the total vascular resistance remains high during diastole 
since the narrowing of the vessel introduces an additional pressure drop and lowers the 
perfusion pressure of the distal beds. 
With autoregulation 
Changes in the perfusion pressure are met with corresponding changes in vascular 
resistance that act to maint^n the regional blood flow at a constant level (Berne and Levy, 
1992). This phenomena is commonly called autoregulation, and it is particularly active in the 
coronary circulation since a constant supply of blood to the heart tissue is vital. The 
autoregulatory mechanism is not completely understood. However, several factors, including 
a myogenic mechanism, an endothelial-mediated response and metabolic regulation, are 
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Fig. 7.5; The effect of a 90% stenosis in the left anterior descending coronary artery on the 
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microvasculature compartment (middle), (c) venular compartment (bottom). 
85 
160 
f 140 
I 120 
& 100 
I 
5 60 
1 ^ 
I 20 
f 0 
-20 
2.0 
r 
— - — - 90% stenosis 
L 
- \ 1 ' 
L \ f 
\l' 
/ ^ 1/ % 
k f 1 
\ H \ 1' 
V 
1 . . . 
2.5 3.0 
Time<aec) 
3.5 4.0 
160 
 ^ 140 
I 120 
S 100 
I 
I 
I 40 
I 20 
I 0 
-20 
2.0 
— Control 
- 90% sianosis 
2.5 3.0 
Time (sec) 
3.5 4.0 
160 
140 
120 
100 
80 
60 
40 
20 
0 
-20 
2.0 
Control 
90% stenosis 
2.5 3.0 
Time (sec) 
3.5 4.0 
Fig. 7.6: The effect of a 90% stenosis in the left anterior descending coronary artery on the 
three intramyocardial compartment pressures: (a) arterial compartment (top), (b) 
microvasculature (middle), (c) venular compartment (bottom). 
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assumed to play a role. Thus, flow and pressure waveforms generated in the presence of a 
stenosis without autoregulation are probably unrealistic. 
An autoregulatory mechanism was added to the computer model to simulate the effects of 
vasodilation during periods of subnormal flow. If the flow through a terminal branch 
decreased due to the effects of a stenosis, the arterial and microvasculature terminal 
resistances were lowered accordingly to rdse the mean flow back to the normal value. The 
change in resistance for each compartment was assumed to be equal. However, the venular 
resistance was not altered. Chilian et al. (1989) found the venular resistance to remain 
relatively constant after administration of a vasodilator in a cat. Thus, it was assumed that the 
intramyocardial venules and veins did not vasodilate during autoregulation. Since the amount 
of vasodilation is limited, the terminal resistances were allowed to decrease to a value of five 
times below the normal level, if needed. At this point, the autoregulation was assumed to be 
exhausted. A vasodilation factor of five was arbitrarily chosen based on previous findings 
(Manor e/a/., 1994b). 
A stenosis with varying degrees of severity was placed in the distal segment of the left 
anterior descending coronary artery with a stenosis length of 1.0 cm. For this case the 
autoregulatory mechanism was activated when the regional flow dropped below the control 
value. The generated flow waveforms for stenoses percentages of 80%, 90% and 95% are 
displayed in Figure 7.7, and the corresponding pressure waveforms are shown in Figure 7.8. 
In addition, the flow and pressure waveforms for the control case are also shown for 
comparison. With autoregulation, the phasic flow and pressure patterns were still damped. 
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The systolic flow peak was not affected very much by the activation of the autoregulation and 
subsequent decrease in the terminal resistance. However, the flow peak in early diastole was 
amplified for each case, but the peak did not attain the same magnitude as the control case, 
even for the 80% stenosis. The early diastolic peak for the 95% stenosis case was 
significantly amplified, but the flow pulse was very narrow. The m^n increase in flow 
occurred during the remainder of the diastolic period. In fact, the late diastolic flow for each 
stenosis percentage was larger than the control case. 
The autoregulation had little effect on the perfusion pressures. This was expected since 
the perfusion pressure is dependent on the pressure drop created by the stenosis, not the 
terminal resistance. 
The relationship between the normalized mean flow and the percent stenosis with 
autoregulation is shoAvn in Figure 7.9. The autoregulation was able to maintain a mean 
control value of flow until a stenosis percentage of approximately 90%. However, beyond 
this point the normalized mean flow dropped rapidly since the vasodilation was exhausted. At 
a stenosis percentage of 96%, the mean flow was reduced by 60% of the control value, and 
the normalized mean flow approached the corresponding case with no autoregulation. 
Although the autoregulation successfully increased the mean flow back to normal for 
stenosis percentages up to 90%, the coronary flow reserve was decreased. The coronary flow 
reserve is defined as the ability of the coronary vessels to increase blood flow in response to 
oxygen demands or as compensation for decreased oxygen carrying capacity of blood or both 
(Gould et al., 1974). During physical exertion, the fiilly dilated coronary artery is unable to 
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Fig. 7.9; The reduction in mean flow observed with a stenosis of varying severity in the left 
anterior descending coronary artery with and without autoregulation. 
further decrease the vascular resistance and thereby increase flow to meet the heightened 
metabolic demands of the myocardium. In addition, normal vessel branches proximal to the 
stenotic segment are able to dilate which acts to fiirther decrease the perfusion pressure of the 
narrowed vessel. This coronary steal phenomena fiirther compromises the blood flow to the 
ischemic myocardium. However, no quantification of coronary flow reserve was attempted in 
this study. 
Coronary Stenosis with a Bypass 
A common surgical procedure to alleviate the symptoms of a severe coronary stenosis is 
to bypass the stenotic artery using a bypass graft. This creates an alternate route for supplying 
blood to the distal beds which is not subject to the large pressure drop introduced by the 
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stenosis. Over the years, two types of bypass procedures have been frequently used to treat 
occlusive coronary artery disease. The first procedure involves using an aortocoronaiy bypass 
graft, usually the saphenous vein dissected firom the patient's leg. The second procedure 
makes use of a pedicled bypass graft, usually the internal mammary arteiy. Both coronary 
bypass procedures were modeled in this study. Although sequential grafting to bypass 
multiple lesions is a common surgical procedure, only single bypasses were attempted in this 
study. 
Although bypass surgery is a common practice, several questions still remain to be 
answered. Depending on the graft used, patency rates after 10 years vary from 90% for the 
internal mammary artery (IMA) to approximately 50% for vein grafts (Loop, 1995). 
Although the IMA has become the graft of choice for most surgeons, the conditions that 
cause graft failure and the characteristics of an ideal graft have not been determined. Several 
conditions which may be introduced by a particular graft or surgical procedure, such as 
abnormal flow dynamics caused by wave reflections or separation regions and compliance 
mismatch between the graft and host arteiy, could lead to graft occlusion and f^lure (Helal et 
al, 1994). Thus, a computer model may be helpful in understanding the fluid dynamics of a 
human coronary bypass since experimental measurements are limited. Only a few computer 
and physical models of varying complexity have been previously developed for small-diameter 
grafts (Rooz et al., 1985; Wiesner et al., 1988; Pietrabissa et al., 1990; Stewart and Lyman, 
1992). 
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Aortocoronary bypass 
An aortocoronary bypass graft is connected at the root of the ascending aorta and re­
connected at a point just distal to the stenosis location. A schematic of an aortocoronary 
bypass is shown in Figure 7.10. Although the saphenous vein is the most common 
aortocoronary bypass graft, several other grafts have been used including artificial conduits 
and peripheral arteries. Therefore, several different types of bypass grafts with varying 
physical properties were investigated. For each trial a 90% stenosis was placed in the distal 
segment of the left anterior descending coronary artery (segment #6C). Based on the 
geometrical locations of the ascending aorta and the site of the occlusion, each bypass graft 
was ^ven a length of 8.0 cm. 
MarnntfyartKy 
Fig. 7.10: A schematic diagram showing an aortocoronary bypass and an internal mammary 
artery bypass. 
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A few peripheral arteries have been used for aortocoronaiy bypass grafts, such as the 
gastric artery, radial artery and "free" internal manunary artery. Therefore, the first 
aortocoronary bypass grafl investigated was an arterial graft which had the same geometrical 
and elastic properties of the coronary artery it supplied. Thus, the graft was taken to have an 
inner radius of 0.10 cm, a wall thickness of 0.124 mm, a modulus of elasticity of O.S MPa,and 
the arctangent model for the cross-sectional area as a function of the pressure was assumed to 
apply. The calculated flow waveform at a point distal to the bypass re-connection location is 
shown in Figure 7.11. The flow waveforms in the LAD coronary artery for the control case 
and the case with a 90% stenosis (no autoregulation) but with no bypass are also shown for 
comparison. The bypass graft almost completely restored the flow to the distal beds with a 
mean value of 0.194 mL/s, compared to 0.196 mL/s for the control case. The general shape 
of the flow waveform in the LAD coronary arteiy at a point distal to the bypass is 
approximately the same as the control case with the diastolic component being essentially 
identical. The flow waveforms generated in the LAD containing the stenosis, in the LAD at a 
point distal to the bypass re-connection and in the arterial bypass graft are shown in Figure 
7.12. The flow through the stenosis was significantly reduced compared to the control case 
with a mean value of0.002 mL/s. The flow waveform in the bypass was comparable to the 
flow waveform in the left mjun coronary artery. A significant systolic component of flow was 
observed which is related to the graft compliance. However, the flow was still predominantly 
diastolic. 
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Fig. 7.11: The flow waveforms generated in the distal segment of the LAD coronaiy arteiy to 
show the effect of an arterial aortocoronaiy bypass graft. 
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Fig. 7.12; The flow waveforms generated at the arterial bypass graft re-connection point with 
a 90% stenosis present in the distal segment of the LAD coronary artery. 
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The second aortocoronaiy bypass investigated was a saphenous vein graft. The radius of 
the s^henous vein (0.291 cm) was taken from data presented by Sheng et al. (1995). The 
saphenous vein has a considerably larger cross-sectional area than the host arteiy, but the area 
compliance is considerably smaller. Thus, the saphenous vein was taken to be a rigid conduit. 
The calculated flow waveform at a point distal to the bypass re-connection location is shown 
in Figure 7.13. The flow waveforms in the LAD coronary artery for the control case and the 
case with a 90% stenosis (no autoregulation) but with no bypass are also shown for 
comparison. The calculated flow waveform in the distal segment of the LAD coronary artery 
at a point distal to the bypass re-connection was essentially identical to the case using an 
arterial bypass graft. Again, the flow to the distal bed was restored to approximately the 
control value. The calculated flow waveforms in the LAD through the stenosis, in the LAD at 
a point distal to the bypass re-connection and in the saphenous vein graft are shown in Figure 
7.14. The flow waveform in the stenosis was significantly reduced with a mean value of 0.028 
mL/s. This value is significantly lower than the control value but considerably larger than that 
for the arterial graft. The flow in the saphenous vein graft had a significant systolic flow peak, 
but the majority of flow occurred during diastole. 
Since an autogenous graft is not always available or one of an adequate size, occasionally 
a synthetic bypass graft must be used. Thus, the final aortocoronary bypass was taken to have 
the same properties of a double velour synthetic graft. A synthetic graft with a radius equal to 
that of the host artery (0.10 cm) was used. The compliance of the synthetic graft was taken to 
be constant and equal to a value five times less than that of the host artery (Kinley and Marble, 
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Fig. 7.13: The flow waveforms generated in the distal segment of the LAD coronary artery to 
show the effect of a saphenous vein aortocoronary b)rpass graft. 
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Fig. 7.14; The flow waveforms generated at the saphenous vein bypass graft re-connection 
point with a 90% stenosis present in the distal segment of the LAD. 
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1980). The calculated flow waveform at a point distal to the bypass re-connection location is 
shown in Figure 7.15. The flow waveforms in the LAD coronary artery for the control case 
and the case with a 90% stenosis (no autoregulation) but with no bypass are also shown for 
comparison. A similar trend was observed for the synthetic graft as for the other 
aortocoronary bypass grafts. The flow to the distal beds increased approximately back to 
normal with the insertion of the synthetic bypass graft, and the shape of the flow waveform 
was similar to that of the host artery with no stenosis or bypass. The calculated flow 
waveforms in the LAD through the stenosis, in the LAD at a point distal to the bypass re-
connection and in the synthetic graft is shown in Figure 7.16. Again, the flow through the 
stenotic artery was severely diminished, and the flow in the synthetic bypass graft had 
characteristics similar to flow in the main left coronary arteiy. 
The flow waveforms generated in the bypass grafts are consistent with previous 
experimental measurements in both humans and dogs (Folts et al., 197S; Greenfield et al., 
1972). A typical flow waveform in a canine aortocoronary saphenous vein bypass graft (taken 
from Salerno et al. (1979) is shown in Figure 7.17. A small systolic flow peak is observed 
followed by a larger diastolic flow component. 
Internal mammary artery bypass 
The internal mammary artery with its excellent patency rates has proven to be a very 
effective bypass graft for the treatment of occlusive coronary artery disease, especially for 
grafting the left anterior descending coronary artery. The IMA is a pedicled graft, therefore 
the site where it branches fi'om the subclavian artery is left intact. The distal portion of the 
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Fig. 7.15; The flow waveforms generated in the distal segment of the LAD coronary arteiy to 
show the effect of a synthetic aortocoronary bypass graft. 
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Fig. 7.16: The flow waveforms generated at the synthetic bypass graft re-connection point 
with a 90% stenosis present in the distal segment of the LAD coronary artery. 
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Fig. 7.17: A recording of blood flow versus time in a canine aortocoronary saphenous vein 
bypass graft. 
IMA is dissected away from the chest wall and connected to the occluded coronary artery. 
Thus, the EMA graft is supplied by the subclavian artery, not the aorta. The use of the IMA as 
a bypass graft is mainly limited to its relatively small size in some patients, especially women, 
and the extra time required for the retrosternal dissection during preparation. A schematic of 
the IMA bypass is shown in Figure 7.10. 
Since a stenosis was placed in the distal segment of the LAD coronary artety, the left IMA 
was used as the bypass graft. The left IMA was taken to branch firom the left subclavian 
artery just distal to the site of the vertebral artery bifurcation (Grray, 1992). The physical 
properties of the IMA were taken fi-om the study by Avolio (1980). Avolio added several 
smaller branches in the upper arms to the arterial geometry by compiled Westerhof ei al. 
(1969). Since the same arterial geometry was used in this study, the size of the IMA given by 
Avolio was considered appropriate. The IMA was taken to have an inner radius of 0.10 cm, a 
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thickness of 0.3 mm, a length of 1 S.O cm and a modulus of elasticity of 0.8 MPa. The 
arctangent pressure-area relationship was also assumed to apply to the IMA. 
Agun, a 90% stenosis was placed in the distal segment of the LAD coronary artery. The 
simulated flow waveform at a point just distal to the bypass re-connection site is shown in 
Figure 7.18. The flow waveforms for the control case and for a 90% stenosis without a 
bypass are also shown for comparison. The mean blood flow to the distal beds of the LAD 
coronary artery was completely restored after insertion of the IMA bypass graft with a mean 
value of 0.196 mL/s. A slightly amplified flow peak, compared to the presdous bypass grafts, 
was observed during the diastolic period. However, the general shape of the flow waveform 
in the distal portion of the LAD was comparable to the other grafts. The calculated flow 
waveforms in the LAD through the stenosis, in the LAD at a point distal to the bypass re-
coimection and in the IMA graft are shown in Figure 7.19. The flow through the stenosis was 
still significantly reduced with a mean value of 0.015 mL/s. However, a flow peak was 
observed during systole. The flow in the IMA bypass had no systolic flow peak; the flow was 
entirely diastolic. 
Each bypass graft successfully restored flow to the distal beds of the stenotic artery. The 
mean flow was essentially identical to the control value for each case. This seems reasonable 
since mean coronary blood flow is m^nly dependent on the large resistances of the terminal 
impedances. Since the relative arterial resistance of the bypass graft is small, even significant 
reductions in the cross-sectional area of the graft had only a small effect on the mean flow. 
This behavior has been previously observed for human aortocoronary vein grafts (Stinson 
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Fig. 7.18: The flow waveforms generated in the distal segment of the LAD coronary artery to 
show the effect of an IMA bypass grafl. 
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Fig. 7.19: The flow waveforms generated at the IMA bypass graft re-connection point with a 
90% stenosis present in the distal segment of the LAD coronary artery. 
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et al, 1973). The phasic flow patterns were also similar although slight variations were 
present. The flow waveforms in the aortocoronaiy bypass grafts had the same characteristics 
as those of a normal coronary artery. A systolic peak was observed followed by a large 
diastolic flow component. However, the flow through the IMA bypass graft was entirely 
diastolic, and no systolic peak was observed. 
Although the flow to the distal beds was restored, each bypass had a negative effect on the 
flow through the stenotic segment of the host artery. This phenomena has been 
experimentally observed in dogs with an aortocoronary bypass (Kakos et al., 1972; Folts et 
al., 197S). In fact, the flow in the stenotic segment was almost completely absent for the 
arterial and synthetic grafts. Stagnation of blood in the stenotic segment could lead to further 
plaque growth and narrowing of the artery. This significant reduction in flow may be the 
reason several stenotic arteries completely close after bypass surgery. 
Unfortunately, the results obtained do not give any obvious indication of which type of 
graft may be superior. The slightly different flow waveform observed in the IMA bypass graft 
could be an indication of why it performs better than other bypass grafts. However, no direct 
conclusions can be drawn. Each graft had the same flow carrying capacity. Thus, no 
conclusions can be made about which graft should be used to obtain maximal flow to the 
distal beds. Causes of graft failure are most likely a local phenomena and related to the 
velocity profile. A flat velocity profile was assumed for this study, and thus the actual velocity 
profile was not known. Therefore, the properties which makes a graft most susceptible to 
failure could not be determined. 
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Subclavian Steal Phenomena 
In recent years, an unusual subclavian steal phenomena has been observed by several 
physicians in association with an internal mammary arteiy-coronary artery bypass (Bashour et 
al., 1984; Amar et al., 1990; Soulen et al, 1991; Latific-Jasnic et al., 1994). Subclavian steal 
syndrome is caused by occlusive disease of the proximal subclavian artery. In its original 
presentation, a cerebral steal phenomena was observed when blood was shunted via the circle 
of Willis retrograde fi'om the vertebral artery to the distal subclavian artery. In recent years, a 
similar phenomena has been observed after internal mammary artery b3n}ass surgery when a 
severe stenosis is present in the subclavian artery proximal to the origin of the IMA. Blood is 
shunted from the coronary artery retrograde through the IMA to the distal subclavian artery. 
This subclavian steal phenomena could lead to further myocardial ischemia. 
The subclavian steal phenomena was simulated by placing a 95% stenosis in the proximal 
segment of the subclavian artery in the presence of an internal mammary artery-LAD coronary 
artery bypass. An 80% stenosis was placed in the distal segment of the LAD coronary artery 
to make a bypass operation clinically feasible. The computed waveforms in the IMA bypass 
artery with no stenosis and a 95% stenosis in the subcla^aan artery are presented in Figure 
7.20. Retrograde flow was observed in the IMA bypass with a 95% stenosis in the subclavian 
artery. The mean flow through the IMA graft for this case was -0.464 mL/s. A comparison 
of flow in the subclavian artery for the control case, for a 95% stenosis in the subclavian 
artery with no bypass and for the subclavian steal phenomena is shown in Figure 7.21. As 
expected a reduction of flow was observed when a 95% stenosis was placed in the subclavian 
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arteiy. In addition, the phasic flow pattern was damped. The mean flow dropped fi'om a 
control value of4.364 niL/s to a value of 3.0SS niL/s with the stenosis. Since the flow 
through the IMA graft was retrograde, the bypass increased flow to the distal portion of the 
subclavian arteiy. ^th the bypass, the mean flow increased to 3.184 mL/s. The flow in the 
distal segment of the LAD at a point distal to the bypass re-connection for the control case, 
for an 80% stenosis in the LAD with an IMA bypass and for the subclavian steal phenomena is 
shown in Figure 7.22. Since the IMA bypass graft is "stealing" blood flow from the distal 
beds of the LAD, the flow in the distal segment of the LAD is significantly reduced during the 
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Fig. 7.20: The flow waveforms generated in the IMA bypass graft which demonstrate the 
subclavian steal phenomena. 
104 
so 
- Conbo) 
- 95%atBno8is 
- 95% alsnoais with IMA bypass 
3 
E 20 
-10 
3.0 3.5 4.0 2.0 2.5 
Time (sec) 
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Fig. 7.22: The flow waveforms generated in the distal segment of the LAD coronary artery 
which demonstrate the decrease in flow during the subclavian steal phenomena. 
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subclavian steal phenomena. The mean flow decreased from a control value of 0.196 mL/s to 
0.137 mL/s. Therefore, the presence of a severe stenosis in the subclavian artery could have a 
negative effect on the amount of blood which is supplied to intended coronary artery and 
cause further myocardial ischemia. Several physicians recommend checking for subclavian 
stenoses before using the IMA arteiy as a pedicled bypass graft. 
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CHAPTER 8. SUMMARY AND CONCLUSIONS 
The computer model presented in this paper contained both the systemic and coronary 
circulations. The coronary circulation was added on to an existing model for the systemic 
circulation. For the simulations involving strictly the coronary circulation, the inclusion of the 
systemic circulation was not necessary. However, the simulations for the internal mammary 
arteiy bypass and the subcla>aan steal phenomena would not have been possible without the 
systemic circulation. 
The computer model developed for the coronary circulation was capable of predicting 
realistic flow patterns in the epicardial arteries. Since the epicardial vessels are not subject to 
collapse, the one-dimensional integral form of the continuity and momentum equations used 
by previous researchers for the systemic circulation were also used in this study. The 
intramyocardial vessels are subject to an extravascular compressive pressure produced by the 
contraction of the surrounding myocardium. Thus, two separate models, one based on the 
vascular waterfall concept and the other on the intramyocardial pump concept, were 
incorporated into a terminal impedance to account for these effects. 
Although both coronary terminal impedance models were capable of reproducing the m^n 
characteristics of arterial coronary blood flow (a mainly diastolic flow component), the 
intramyocardial pump model appeared to be superior to the waterfall model. The waterfall 
model underpredicted flow during early diastole, and the terminal resistance had to be altered 
to match the mean flow values produced by the intramyocardial pump model. Since the 
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terminal impedances of the intramyocardial pump model were modified throughout the cardiac 
cycle based on the instantaneous transmural pressure, the dynamic pressure-flow relationships 
of the intramyocardial circulation were better reproduced. Alternately, the waterfall model 
terminal impedances remained constant. In fact, during diastole, the flow was assumed to be 
purely resistive, and thus, the vessels were not allowed to "open up" after the ventricular 
pressure subsided. This might explain why a large peak was not observed during early 
diastole for the waterfall model. 
The model is also capable of investigating the effects of coronary stenoses with 
aortocoronary bypasses on epicardial blood flow. As expected, a stenosis had a minimal 
effect on coronary blood flow until a critical stenosis value of approximately 80% was 
reached. This finding is consistent with previous reports for the systemic circulation. The 
pressure-flow relationships of several aortocoronaiy bypasses and an internal mammary artery 
bypass were investigated. Each bypass successfully restored flow to the distal beds of the 
stenotic arteiy. The computed flow wavefonns in the bypass grafts were similar to the flow 
waveforms observed in the host artery. Thus, no conclusion could be drawn as to which 
bypass graft was superior. 
In addition, a subclavian steal phenomena was reproduced when a severe stenosis was 
placed in the subclavian artery in the presence of an internal mammary bypass. Retrograde 
flow was observed in the bypass graft which decreased the amount of blood supplied to the 
distal beds of the stenotic coronary artery. Since this steal phenomena could lead to further 
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complications, the internal mammaiy artery should not be used as a bypass graft if a stenosis is 
present in the subclavian artery. 
Overall, this type of model offers a useful tool for studying the fluid dynamics of the 
human circulation. However, the computer model can be improved in several ways. The 
current arctangent model offers a good approximation of the actual pressure-area relationship 
of an artery in vivo. However, the model was developed based on static measurements of 
aortic segments. An approximate relationship was found between the compliance parameters, 
Po and pu and the pulse wave velocity squared. Experimentally determined values of the 
compliance parameters for different sized arteries may offer a better estimate. In addition, a 
constitutive equation which incorporates wall viscoelasticity can be implemented. 
The second order accurate finite difference scheme (Lax-Wendroff method) used for the 
discretization of the system of partial differential equations was only a slight improvement 
over a first order accurate scheme used previously (Stergiopulos, 1990). The simulated 
waveforms for both methods were essentially identical. The main impetus for implementing a 
second order accurate scheme was to improve the stability of the numerical solution, 
especially for nodal points distal to a stenosis. 
The model is limited by the several assumptions needed to obtain the simplified form of 
the governing equations. However, even with these assumptions, the computer model 
appears to perform satisfactorily. Because of individual variations, the main limitation of the 
model is the extensive amount of parameter data that are required. For a given individual, all 
the input data would need to be measured before a computer simulation could be performed. 
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APPENDIX A. COMPUTER PROGRAM 
C 
C 
ccccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
C FINITE DIFFERENCE PROGRAM FOR THE ANALYSIS OF C 
C MULTI-BRANCHED ARTERL\L FLOW INCLUDING THE LEFT C 
C CORONARY CIRCULATION C 
C C 
C MAIN PROGRAM C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H,0-Z) 
CHARACTER«30 FELE.INFILE.OUTFILE.PLTFILE.AVGFILE.CAFILE 
C 
WRnE('*;(A,$)')' Enter file name:' 
READC»;(A20y)FILE 
C 
DO 51=20,1,-1 
IF (FILEa:I).NE.'') GOTO 7 
5 CONTINUE 
7 CONTINUE 
INFILE=FILE(l:I)//'.dat' 
OUTFILE=FILE(l:I)//'.out' 
AVGFILE=FILE(1:1)//'.avg' 
PLTFILE=FILE(1:1)//'.plf 
CAFILE=FILE(l:I)//'.ca' 
C 
OPEN (UNIT=1,FILE=INFILE,STATUS=*UNKN0WN') 
OPEN (UNIT=2,FILE=OUTFILE,STATUS='UNKNOWN') 
OPEN (UNrr=7,FILE=AVGFILE,STATUS='UNKN0WN*) 
OPEN (UNIT=8,FILE=PLTFILE,STATUS=1INKN0WN') 
OPEN (UN1T=9,FILE=CAFILE,STATUS='UNKN0WN') 
C 
PRINT'*,'Inputting data...' 
CALL INPUT 
PRINT*,'Setting up elements...' 
CALL SETUP 
PRINT*,'Assigning initial values at each node...' 
CALL INIVAL 
PRINT*,'Solving ^em of equations...' 
CALL SOLVE 
C 
STOP 
END 
C 
C 
C 
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SUBROUTINE INPUT 
ccccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
c c 
C THIS SUBROUTINE READS INPUT DATA C 
C C 
ccccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
c 
c ^INPUT PARAMETERS: 
C 
C ^NS: # OF ARTERIAL SEGMENTS 
C ^INDBRAa); # OF THE FIRST BRANCH OF THE Ith SEGMENT 
C (0 INDICATES TERMINAL BRANCH) 
C ^INDPAR(I): # OF THE PARENT SEGMENT OF THE Ith SEGMENT 
C INDCORO): LOCATION OF A CORONARY ARTERIAL SEGMENT 
C (0 INDICATES A PERIPHERAL ARTERY, NOT A CORONARY) 
C INDBYP(I): LOCATION OF BYPASS GRAFT (=0, NOT A BYPASS LOCATION) 
C INDSTEG): LOCATION (ELEMENT #) OF STENOSIS (=0, NO STENOSIS) 
C SLENG): SEGMENT LENGTH 
C ^NNODESa): # OF NODES IN EACH SEGMENTS 
C AIN(I): AREA AT THE BEGINING OF THE SEGMENT 
C AOUT(I): AREA AT THE END OF THE SEGMENT 
C ^TIN®: THICKNESS AT THE BEGINING OF THE SEGMENT 
C ^TOUTO): THICKNESS AT THE END OF THE SEGMENT 
C ^EG): MODULUS OF ELASTICITY OF THE SEGMENT 
C SPG(I): SEEPAGE OF THE SEGMENT 
C DAa.1-2): DIRECTIONAL ANGLES OF THE SEGMENT 
C ^RESld): TERMINAL RESISTANCE 1 
C ^RES2a): TERMINAL RESISTANCE 2 
C ^RES3(I): TERMINAL RESISTANCE 3 FOR CORONARY ARTERIES ONLY 
C era): TERMINAL CAPACITANCE 1 
C CT2(I): TERMINAL CAPACITANCE 2 FOR CORONARY ARTERIES ONLY 
C XBYPO): DISTANCE FROM BEGINNING OF SEGMENT TO BYPASS 
C CONNECTION POINT 
C ^XSTENG): DISTANCE FROM BEGINNING OF SEGMENT TO STENOSIS 
C STELENG): LENGTH OF STENOSIS 
C PRC(I): PERCENT AREA REDUCTION IN STENOSIS 
C ^TSYS: TIME AT THE ONSET OF VENTRICULAR CONTRACTION 
C VENDD: END-DIASTOLIC VOLUME OF VENTRICLE 
C EES: END-SYSTOLIC LEFT VENTRICULAR ELASTANCE 
C VO: UNSTRESSED LEFT VENTRICULAR VOLUME 
C ^TES: TIME TO END OF SYSTOLE AFTER VENTRICULAR CONTRACTION 
C ^TAU: TIME CONSTANT OF RELAXATION FOR VENTRICLE 
C ALVP: EMPIRICAL SCALING FACTOR FOR END-DIASTOLIC PRESSURE 
C VOLUME RELATION 
C BLVP: EMPIRICAL EXPONENT FOR END-DIASTOLIC PRESSURE 
C VOLUME RELATION 
C ^PLVP: % OF LVP WHICH CONTRIBUTES TO EXTRAVASCULAR COMPRESSIVE 
C PRESSURE 
C ^DENS: DENSITY 
C VISC: VISCOSITY 
C NCYC: # OF CYCLES 
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C ^FREQ: BASIC FREQUENCY OF EACH CYCLE 
C ^NQB: it OF FLOW HARMONICS 
C ^NPB: if OF PRESSURE HARMONICS 
C—QBOUNa,l-2); FLOW HARMONICS (INPUT) 
C—^PBOUNa,l-2): PRESSURE HARMONICS (INPUT) 
C GLOAD: BODY FORCE IN MULTIPLES OF g (ACCL. OF GRAVITY) 
C GA(I-2): ANGLES OF THE GLOAD VECTOR WRT COORDINATE SYSTEM 
C ^DT: TIME INCREMENT 
C 
IMPLICIT REAL'S (A-H,0-Z) 
COMMON/AREADT/AIN(I50),AOUT(150),AVA(500) 
COMMONmnCK/TIN(150),TOUT(150),TAVE(500),E(150),ESEG(500) 
COMMON/BOUND/QBOUN(30,2),PBOUN(30,2) 
COMMON/FLUPRO/DENS.VISC 
COMMON/FRY/CV.CU 
COMMON/GRAVT/GRAV,GLOAD,GA(2),GZ(5{)0) 
COMMON/ISEGMT/NNODES(150),INDBRA{150),INDPAR(150),INDCOR(150) 
1 ,INDSTE(150),INDBYP(150) 
COMMON/NBOUN/NQB.NPB 
COMMON/NDATA/NS,NT,NCYC 
COMMON/SEGDAT/SLEN(I50),SPG(150).DA(I50.2) 
COMMON/BYPASS/XBYP(150) 
COMMON/STENOS/XSTEN(150),STELEN(150),PRC(150) 
1 ,ST1(150),ST2(150),ST3(150) 
COMMON/TERMZyRESl(150),RES2(150),RES3(150),CT(150),CT2(150),IMPCOR 
COMMON/TDATA/DT,FREQ 
COMMON/LVP/TSYS,VENDD,EES,VO,TES,TAU,ALVP,BLVP,PLVP 
C 
READ (1,1000) NS 
C 
DO 10 I=1,NS 
READ (1,2000) INDBRAa),INDPAR(I),INDCORa).INDBYP(I),INDSTE(I) 
1 ,NNODESa),SLEN(I),AIN(I),AOUT(D 
10 CONTINUE 
C 
READ (1,9000) 
PI=4.0D0»DATAN(1.0D0) 
DO 15 I=1,NS 
READ (1,2500) TIN(I),TOUT(I),E(I),SPG(I),ANGL 
ANGL=ANGL»PI/180.DO 
DAa,l)=DCOS(ANGL) 
DAa,2)=DSIN(ANGL) 
15 CONTINUE 
C 
READ (1,9000) 
C 
WRi i t(6,*) "Enter 1 for Waterfall model of coronary impedance' 
WRniE(6,*) "Enter 2 for IMP model of coronaty impedance' 
READ(5,'») IMPCOR 
C 
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D020I=1.NS 
IF (INDBRAa).GT.O) GOTO 20 
IF (IMPCOR.EQ. 1) THEN 
IF (INDCOR(I).EQ. 1) THEN 
READ (1,3000) RES1(I),CT(I) 
ELSE 
READ (1,3001) RESl(I).RES2(I),CTa) 
END IF 
ELSE 
IF (INDCOR(I)EQ.I) THEN 
READ (1,3002) RESl(I).RES2(I),RES3(I),CTa).CT2a) 
ELSE 
READ (1,3003) RESl(D,RES2a),CT(I) 
END IF 
END IF 
20 continue 
C 
BS=0 
D0I=1,NS 
BS=BS+INDBYP(I) 
END DO 
IF(BS.EQ.0)GOTO21 
C 
READ (1,9000) 
C 
DO 22 I=1,NS 
IF (INDBYPa).LE.l) GOTO 22 
READ (1,2700) XBYP(I) 
22 CONTINUE 
21 CONTINUE 
C 
KS=0 
DO I=1,NS 
KS=KS+INDSTEa) 
END DO 
IF(KS.EQ.0)GOTO26 
C 
READ (1,9000) 
C 
D025I=1,NS 
IF (INDSTE(I).EQ.O) GOTO 25 
READ (1,3100) XSTEN(I),STCLEN(I),PRC(I) 
25 CONTINUE 
26 CONTINUE 
C 
READ (1,3500) TSYS,VENDD,EES,VO 
READ (1,3600) TES,TAU,ALVP,BLVP,PLVP 
READ (1,4000) DENS, Vise 
READ (1,5000) NCYC,FREQ,DT 
READ (1,4000) CV,CU 
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READ (1,6000) NPB,NQB 
IF(NPB.GT.O)THEN 
D030I=1,NPB 
READ (1,7000) PB0UNa,l),PB0UNa.2) 
30 CONTINUE 
ELSE 
D040I=1,NQB 
READ (1,7000) QB0UNa,l),QB0UN(I,2) 
40 CONTINUE 
END IF 
C 
READ (1,8000) GRAV,GLOAD,GANGL 
GANGL=GANGL»PU180.D0 
GA(1)=DC0S(GANGL) 
GA(2)=DSIN(GANGL) 
C 
C CALL VERIPT TO VERIFY INPUT DATA 
C 
CALL VERIPT 
RETURN 
C 
C 
1000FORMAT(1X/I3//) 
2000 FORMAT(3X.6(2X,I3),3(2X,D12.5)) 
2500 FORMAT(3X,5(3X,D11.5)) 
2700 FORMAT(3X,l(2X,D12.5)) 
3000 FORMAT(5X,D12.5,16X,D12.5) 
3001 FORMAT(3X,3(2X,D12.5)) 
3002 FORMAT(3X,5(2X,D12.5)) 
3003 FORMAT(3X,2(2X,D12.5),16X,D12.5) 
3100 FORMAT(3X,5(2X,D12.5)) 
3500 FORMAT(//2XD10.4,2X,D10. 1,2(2X,D9.2)) 
3600 FORMAT(//2(2X,D10.4),3(2X,D9.2)) 
4000 F0RMAT(//2(2X,D12.5)) 
5000 F0RMAT(//2X,I3,2(2X,D12.5)) 
6000 FORMAT(//2(2X,I3)//) 
7000 FORMAT(2(2X,D12.5)) 
8000 FORMAT(//3(2X,D12.5)) 
9000 FORMAT(/) 
C 
END 
C 
C 
SUBROUTINE VERIPT 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
C c 
c THIS SUBROUTINE VERIFIES INPUT DATA C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REAL'8 (A-H,0-Z) 
COMMON/AREADT/AIN(150),AOUT(I50),AVA(500) 
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C»MMON/THICK/TIN(150),TOUr(150),TAVE(500),E(150),ESEG(500) 
COMMON/BOUND/QBOUN{30,2)JPBOUN(30,2) 
COMMON/FLUPRO/DENS.VISC 
COMMON/FRY/CV,CU 
COMMON/GRAVT/GRAV,GLOAD.GA(2),GZ(500) 
COMMON/ISEGMr/NNODES(150),INDBRA(150),INDPAR(150),INDCOR(150) 
I ,INDSTE(150),!NDBYP(150) 
COMMON/NBOUN/NQB,NPB 
COMMON/NDATA/NS,NT,NCYC 
COMMON/SEGDAT/SLEN(150),SPG(150),DA(I50,2) 
COMMON/BYPASS/XBYP(150) 
COMMON/STENOS/XSTEN(150),STELEN(150),PRC(150) 
1 ,ST1(150).ST2(150),ST3(150) 
COMMON/TERMZ/RES1(150).RES2(I50),RES3(150),CT(150),CT2(I50),IMPCOR 
COMMON/TDATA/DT,FREQ 
COMMON/LVP/TSYS,VENDD,EES,VO,TES,TAU,ALVP,BLVP,PLVP 
C 
WRITE (2,500) 
WRITE (2,1000) NS 
C 
WRITE (2,1500) 
DO 10 I=1,NS 
WRITE (2,2000) I,INDBRAa),INDPAR(I),INDCOR(I),INDBYP(I), 
1 INDSTE(I),NNODES(I),SLENa),AIN{I),AOUT(D 
10 CONTINUE 
C 
WRITE (2,2100) 
DO 15 I=1,NS 
WRITE (2,2200) I,TIN(I),TOUTa),E(I),SPG(I),DA(I,l),DA(I,2) 
15 CONTINUE 
C 
IF (IMPCOR.EQ. 1) THEN 
WRITE (2,2500) 
ELSE 
WRITE (2,2501) 
END IF 
C 
D020I=1,NS 
IF (INDBRA(I).GT.O) GOTO 20 
IF (IMPC0R.EQ.1) THEN 
IF (INDCOR(I).EQ.l) THEN 
WRITE (2,2600) I,RES1(I),CT(I) 
ELSE 
WRITE (2,2601) l,RESia),RES2A),CT(I) 
END IF 
ELSE 
IF (INDCOR(I).EQ.l) THEN 
WRITE (2,2602) I.RESia),RES2a),RES3a),CT(I),CT2(I) 
ELSE 
WRITE (2,2603) I,RESI(I),RES2(I),CT(I) 
END IF 
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END IF 
20 CONTINUE 
C 
WRITE (2,2800) 
C 
D021I=1,NS 
IF (INDBYPa).LE. 1) GO TO 21 
WRITE (2,2900) I,XBYP(I) 
21 CONTINUE 
C 
WRITE (2,3000) 
C 
D025I=1,NS 
IF (INDSTE(I).EQ.O) GOTO 25 
WRITE (2,3100) I,XSTEN(I),STELENa),PRC(I) 
25 CONTINUE 
C 
WRITE (2,3200) 
WRITE (2,3250) TSYS,VENDD,EES,VO 
WRITE (2,3300) 
WRITE (2,3250) TES,TAU,ALVP,BLVP,PLVP 
C 
WRITE (2,3500) 
WRITE (2,4000) DENS.VISC 
C 
WRITE (2,4500) 
WRITE (2,5000) NCYC,FREQ,DT 
C 
WRITE (2,5200) 
WRITE (2,4000) CV,CU 
C 
WRITE (2,5500) 
WRITE (2,6000) NPB,NQB 
IF(NPB.GT.O)THEN 
WRITE (2,6500) 
DO 30 I=1,NPB 
WRITE (2,7000) PB0UN(I,l),PB0UNa,2) 
30 CONTINUE 
ELSE 
WRITE (2,7500) 
D040I=1,NQB 
WRITE (2,7000) QB0UN(I,1),QB0UN(I,2) 
40 CONTINUE 
END IF 
C 
WRITE (2,8500) 
WRITE (2,8000) GRAV,GL0AD,GA(1),GA(2) 
C 
RETURN 
C 
500 FORMATC NUMBER OF SEGMENTS') 
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1000 F0RMAT(7X,IV/) 
1500FORMATC SEG BRA PAR COR BYP STE NEL SEGM. LENGTH 
I'INPUTAREAMX,' OUTPUT •) 
2000 FORMAT(lX,I3,6(2X,I3),6(2X,D12.5),2(2X,F4.1)) 
2100FORMAT(/' SEG TIN TOUT E 
5X,' SEEPAGE'.8X,T)IRECTI0NAL COSINES') 
2200 F0RMAT(1X,I3,6(2X,E12.5)) 
2500FORMAT(/' SEG RESl RES2 CT) 
2501FORMATC/- SEG RESl RES2 RES3 
5X,'CT CW) 
2600 F0RMAT(1X,I3,2X,D12.5,16X,D12.5) 
2601 FORMAT(lX,I3,3(2X,D12.5)) 
2602 FORMAT(lX,I3,5(2X,D12.5)) 
2603FORMAT(1X.I3,2(2X,D12.5),16X,D12.5) 
2800FORMAT(/' SEG X BYPASS') 
2900 FORMAT(2X,I3,l(2X,D12.5)) 
3000FORMAT(/' SEG X STENOSIS STENOSIS LNGTH %') 
3100 F0RMAT(1X,13,3(2X,D12.5)) 
3200 FORMATC/" TSYS VENDD EES VO') 
3250 FORMAT(5(2X,D10.4)) 
3300FORMAT(/' TES TAU ALVP BLVF, 
r PLVF) 
3500FORMAT(/' DENSITY VISCOSITY') 
4000 FORMAT(2(2X,D12.5)) 
4500 FORMATCy# OF CYCLES FREQUENCY TIME INCREMENT) 
5000 FORMAT(4X,I3,2(7X,D12.5)) 
5200 FORMATC/" CV CU') 
5500 FORMATC/* # OF PRESSURE FOURIER COEF. # OF FLOW FOURIER COEF.') 
6000 FORMAT(10X,I3.25X,I3) 
6500 FORMATC/- P COS TERM P SIN TERM') 
7000 FORMAT(2(2X,D12.5)) 
7500 FORMAT(/' Q COS TERM Q SIN TERM") 
8000 FORMAT(4{2X,D12.5)) 
8500 FORMAT(/' ACCEL. GRAV. GRAVIT. LOAD ORIENT. ANGLES') 
C 
END 
C 
C 
SUBROUTINE SETUP 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
C c 
C THIS SUBROUTINE SETS UP THE ELEMENTS, C 
C CALCULATES THE ELEMENT LENGTHS AND TYPES, C 
C ASSIGNS THEIR CHARACTERISTIC VALUES, AND SETS C 
C UP A COORDINATE SYSTEM C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REAL"»8 (A-H,0-Z) 
COMMON/COORDN/X(500),DX(500),XLAST(150),COORD(800,2),CLAST(150,2) 
COMMON/ISEGMT/NNODES(150),INDBRA(150),INDPAR(150),INDCOR(150) 
1 ,INDSTE(150),INDBYP(150) 
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CX)MMON/NDATA/NS,NT,NCYC 
COMMON/NODES/NFIRST(150),NLAST(150) 
COMMON/PEE/PI 
COMMON/SEGDAT/SLEN(150),SPG(150),DA(150,2) 
COMMON/BYPASS«BYP(150) 
COMMON/STENOS/XSTEN(150),STELEN(150),PRC(150) 
1 ,ST1(150).ST2(150),ST3(150) 
C 
PI=4.0D0«DATAN(1.0D0) 
C 
C ^NT: TOTAL # OF NODES 
C ^NFmST®: THE FIRST NODE OF THE Ith SEGMENT 
C ^NLASTO): THE LAST NODE OF THE Ith SEGMENT 
C 
K=0 
DO 101=1,NS 
NFIRST(I)=K+1 
K=K+NNODES(I) 
NLASTa)=K 
10 CONTINUE 
NT=K 
C 
C CALCULATE THE GRID SPACING DX(J) TO THE RIGHT OF EACH NODE 
C 
DO 50 I=1,NS 
NF=NFIRST(I) 
NL=NLAST(I) 
IS=INDSTE{I) 
IB=INDBYPA) 
IF aS.EQ.0) THEN 
C ^NO STENOSES 
IF(IB.LE.1)THEN 
C ^NO BYPASS CONNECTION POINT IN SEGMENT 
D0 20J=NF,NL-1 
DX(J)=SLEN(I)/(NN0DES(I)-1) 
20 CONTINUE 
ELSE 
C ^THERE IS A BYPASS CONNECTION POINT IN SEGMENT 
D021 J=NF,NF+IB-2 
DX(J)=XBYP(I)/(IB.l) 
21 CONTINUE 
D022J=NF+IB-1,NL-1 
DX(J)=(SLEN(I)-XBYPa))/(NNODES(I)-IB) 
22 CONTINUE 
END IF 
ELSE 
C ^THERE ARE STENOSES IN THE SEGMENT 
IF(IB.LE.1)THEN 
C NO BYPASS CONNECTION POINT IN SEGMENT 
DO 30 J=NF,NF+IS-2 
DX(J)=XSTEN(I)/aS-l) 
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30 CONTINUE 
DX(NF+IS-1)=STELEN(I) 
D035J=NF+IS,NL-1 
DXCIMSLENCO-XSTENW-STELENOM/CNNODESdVIS-l) 
35 CONTINUE 
ELSE 
C ^THERE IS A BYPASS CONNECTION POINT IN SEGMENT 
IF (XBYP(I).LT.XSTEN(I)) THEN 
C ^BYPASS CONNECTION IS BEFORE STENOSIS 
DO 36 J=NF,NF+IB-2 
DX(J)=XBYPa)/(IB-l) 
36 CONTINUE 
DO 37 J=NF+IB-l.NF+IS-2 
DX(J)=(XSTENa)-XBYP(I))/aS-IB) 
37 CONTINUE 
DX(NF+IS-l)=STELENa) 
DO 38 J=NF+IS,NL-1 
DX(J)=(SLEN(I)-XSTEN(l)-STELEN(I))/(NNODESa)-IS-l) 
38 CONTINUE 
ELSE 
C STENOSIS IS BEFORE BYPASS CONNECTION 
D040J=NF,NF+IS-2 
DX(J)=XSTENa)/aS-l) 
40 CONTINUE 
DX(NF+IS-1)=STELEN(I) 
DO 41 J=NF+IS,NF+IB-2 
DX(J)=(XBYP(I)-XSTEN(I)-STELEN(I))/(IB-IS-1) 
41 CONTINUE 
D042 J=NF+IB-1,NL-1 
DX(J)=(SLEN(I)-XBYP(I))/(NNODES(I)-IB) 
42 CONTINUE 
END IF 
END IF 
END IF 
50 CONTINUE 
C 
C CALCULATE THE COORDINATES OF EACH NODE X(I)(ARC-LENGTH), 
C COORDa, 1) (X-COORDINATE), AND COORD(I.2) (Y-COORDINATE) 
C 
C ^XLAST(I): THE COORDINATE OF THE LAST NODE OF Ith SEGMENT 
C CLAST(I,l-2): X AND Y COORDINATES OF LAST NODE OF Ith SEGMENT 
C 
X(1)=O.ODOO 
COORD(1,1)=O.ODOO 
COORD(1,2)=O.ODOO 
DO 801=1,NS 
NF=NFIRSTa) 
NL=NLAST(I) 
L=INDPAR(I) 
IF{L.EQ.O)GOT0 60 
F (INDBYP(I).EQ. 1) THEN 
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X(NF)=XLAST(L)-SLEN(L)+XBYP(L) 
C00RD(NF.1)=CLAST{L.1HSLEN(L)-XBYP(L))«DA(L.1) 
C<X>RD(NF,2)=CLAST(L.1HSLEN(L)-XBYP(L))*DA(L,2) 
ELSE 
X(NF)=XLAST(L) 
C00RD(NF.1)=CLAST(L,1) 
CCX)RD(NF,2)=CLAST(L,2) 
END IF 
C00RD(NF.1)=CLAST(L,1) 
COORD(NF,2)=CLAST(L.2) 
60 CONTINUE 
D070J=NF+1,NL 
X(J)=X(J-1)+DX(J-1) 
COORD(J,l)=COORD(J-l,l)+DX(J-l)'»DA(I.l) 
COORD(J,2)=COORD(J-l,2)+DX(J-l)*DAa,2) 
70 CONTINUE 
XLAST(I)=X(NL) 
CLASTa,l)=COORD(NL,l) 
CLAST(I,2)=COORD(NL,2) 
80 CONTINUE 
C 
C 
C CALCULATE THE MEAN AREA AND THICKNESS FOR EACH ELEMENT 
C 
CALL ARE AM 
C 
C CALCULATE THE COMPLIANCE PARAMETERS ACCORDING TO THE 
C ARCTANGENT MODEL 
C 
CALLCPARAM 
C 
C CALCULATE THE BODY FORCE PROJECTION ON EACH SEGMENT 
C 
CALLGRAVIT 
C 
C CALCULATE THE STENOSIS COEFFICIENTS 
C 
CALL STENOSIS 
C 
C SPRINT OUT THE FIRST AND LAST NODE OF EACH SEGMENT 
C AND THE COORDINATES OF THE LAST NODE 
C 
WRITE (2,4000) 
D0110I=1,NS 
WRTTE (2,5000) I,NFIRST(I),NLAST(I),XLAST(I), 
1 CLAST(I,1),CLAST(I,2) 
110 CONTINUE 
C 
C ^PRINT OUT THE TOTAL NUMBER OF NODES AND THE 
C COORDINATES OF EACH NODE 
C 
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WRITE (2,6000) NT 
WRITE (2,7000) 
D0120K=1,NT.5 
L=K+4 
WRITE (2,8000) (I,Xa),l=K,L) 
120 CONTINUE 
C 
RETURN 
C 
4000FORMAT(/' SEGMENT FIRST NODE LAST_NODE LAST POINT COORD.") 
5000 FORMAT(2XI3,2(8X,I3).3(2X,5l2.5)) 
6000 FORMAT(//' NUMBER OF NODESV5X,I3) 
7000 FORMAT(/20X,'NODE COORDINATES') 
8000 FORMAT(2X,5a3,D12.5,lX)) 
SUBROUTINE AREAM 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H,0-Z) 
COMMON/AREADT/AIN(150),AOUT(150),AVA(500) 
COMMON/TfflCK/TIN(150),TOUT(150),TAVE(500),E(150),ESEG(500) 
COMMON/COORDN/X(500).DX(500),XLAST(150),COORD(800.2),CLAST(150,2) 
COMMON/NDATA/NS,NT,NCYC 
COMMON/NODES/NFIRST(150),NLAST(I50) 
COMMON/SEGDAT/SLEN(150),SPG(150),DA(150,2) 
C 
C 
D020I=I,NS 
SLOPEA=(AOUT(I)-AIN(I))/SLEN(I) 
SLOPET=(TOUTa)»*2.DO-TIN(I)»»2.DO)/SLEN(I) 
KF=NFIRST(I) 
KL=NLASTa) 
DO 10 J=KF,KL 
AVA(J)=AINa)+SLOPEA»(X(J)-X(KF)) 
TAVE(J)=(TIN(I)*^2.D0+SLOPET'»(X(J)-X(KF)))»*0.5D0 
ESEG(J)=E(I) 
10 CONTINUE 
20 CONTINUE 
C 
RETURN 
END 
C 
C 
SUBROUTINE CPARAM 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
END 
c 
c 
c 
c 
c 
c 
TfflS SUBROUTINE CALCULATES THE ELEMENT AREA 
AND THICKNESS 
C 
C 
C 
C 
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C C 
C THIS SUBROUTINE CALCULATES THE COMPLIANCE C 
C PARAMETERS PA, PB, AND CMAX C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REAL»8 (A-H,0-Z) 
COMMON/AREADT/AIN(150),AOUT(150),AVA(500) 
COMMON/THICK/TIN(150).TOUT(150),TAVE(500).E(150),ESEG(500) 
COMMON/NDATA/NS.NT,NCYC 
COMMON/COMPL/CMAX(500),PA(500),PB(500) 
COMMON/NODES/NFIRST(150),NLAST(150) 
COMMON/FLUPRO/DENS,VISC 
COMMON/PEE/PI 
C 
DO 10 I=1,NS 
KF=NFlRSTa) 
KL=NLASTa) 
D020J=KF,KL 
RI=(AVA(J)/PI)**0.5D0 
ROT=RI/TAVE(J) 
CREF=3.DO»AVA(J)*'(ROT+1.DO)'*«2.DO/ 
1 (ESEG(J)'»(2.DO*ROT+1.DO)) 
WAVES2=AVA(J)/(CREF'»DENS) 
C 
c PA AND PB ARE CALCULATED IN mm Hg 
C 
PA(J)=-6.28D0+77.8D0'»DEXP(-0.0I28D0»WAVES2) 
PB(J)=16.2D0+38.8D0»DEXP(-0.0112D0«WAVES2) 
C 
C ^MAXIMUM COMPLIANCE IS CALCULATED 
C 
CMAX(J)=CREF'»(l.D0+((l00.D0-PA(J))/PB(J)r'*2.D0) 
C 
WRrrE(9,100) I,J, WAVES2,PA(J),PB(J),CREF, AVA(J) 
100 FORMATa3,I4,3F7.2,2E12.5) 
20 CONTINUE 
10 CONTINUE 
C 
RETURN 
END 
C 
C 
SUBROUTINE GRAVIT 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
c c 
C THIS SUBROUTINE CALCULATES THE BODY FORCE C 
C PROJECTION ON EACH SEGMENT C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REAL*8 (A-H,0-Z) 
COMMON/GRAVT/GRAV,GLOAD,GA(2),GZ(500) 
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COMMON/NDATA/NS.NT,NCYC 
COMMON/SEGDAT/SLEN(150),SPG(150)a5A(150.2) 
C 
D020I=1,NS 
PROJ=O.ODO 
DO 10J=1,2 
PROJ=PROJ+DAa,J)*GA(J) 
10 CONTINUE 
GZ(D=PROJ*GLOAD»GRAV 
20 CONTINUE 
C 
RETURN 
END 
C 
C 
SUBROUTINE STENOSIS 
cccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
c c 
C THIS SUBROUTINE CALCULATES THE STENOSIS C 
C COEFHCIENTS SKV, SKI, SK2, AND SK3 C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H,0-Z) 
COMMON/AREADT/AIN(150),AOUT(150),AVA(500) 
COMMON/FLUPRO/DENS.VISC 
COMMON/ISEGMT/NNODES(150),INDBRA(150),INDPAR(150),INDCOR(150) 
1 ,INDSTE(150),INDBYP(150) 
COMMON/NDATAyNS,NT,NCYC 
COMMON/NODES/NFIRST(150),NLAST(150) 
COMMON/PEEiTI 
COMMON/STENOS/XSTEN(150),STELEN(150),PRC(150) 
1 ,ST1(150),ST2(150),ST3(150) 
REALMS KV,KT,KU,LA 
C 
C 
KU=1.20D00 
KT=1.52D00 
DO 10 I=I,NS 
KS=INDSTE(I) 
IF(KS.EQ.O)GOT010 
J=NFIRST{I)+KS-I 
Al=PRCa)*AVA(J) 
D1=DSQRT(4.0D00»A1/PI) 
LA=0.83DOO»STELEN(I)+1.64DOO»D1 
D=DSQRT(4.0D00*AVA(J)/PI) 
KV=3.2D01»(LA/D)'»(1.0D00/PRCa))**2 
STia)=AVA(J)/(DENS*STELEN(I)«'KU) 
ST2(I)=-(KV«VISC)/PENS^STELEN(I)«KU«D) 
ST3(I)=-KT/(2.0D00«KU»STELEN(I)*AVA(J)) 
1 •(1.0D00/PRC(I)-1)^*2 
10 CONTINUE 
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C 
RETURN 
END 
C 
C 
SUBROUTINE INIVAL 
cccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
c c 
C THIS SUBROUTINE ASSIGNS INITIAL PRESSURE AND C 
C FLOW VALUES AT EACH NODE C 
C C 
cccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
IMPLICIT REALMS (A-H,0-Z) 
COMMON/AREADT/AIN(150).AOUT(150).AVA(500) 
COMMON/BOUND/QBOUN(30,2),PBOUN(30,2) 
COMMON/CONDCT/CONDUCT(150) 
COMMON/COORDN/X(500),DX(500),XLAST(150),COORD(800,2),CLAST(150,2) 
COMMON/FLUPRO/DENS,VISC 
COMMON/GRAVT/GRAV,GLOAD,GA(2),GZ(500) 
COMMON/ISEGMT/NNODES(I50),INDBRA(150),INDPAR(150),INDCOR(150) 
1 ,INDSTE(150),INDBYP(150) 
COMMON/NBOUN/NQB.NPB 
COMMON/NDATA/NS,NT,NCYC 
COMMON/NODES/NFIRST(I50),NLAST(I50) 
COMMON/PEE/PI 
COMMON/SEGDAT/SLEN(150),SPG(150),DA(150,2) 
COMMON/TERMZ/RES1(150),RES2(150),RES3(150),CT(150),CT2(150),IMPCOR 
COMMONA^AINrr/PINIT(500),QINIT(500) 
DIMENSION FL(150),GFL(150) 
C 
C CALCULATE THE TOTAL CONDUCTANCE FIRST (RTOTAL= I/CONDUCTANCE) 
C 
C CALCULATE THE CONDUCTANCE AT THE TERMINAL BRANCHES FIRST 
C 
DO 101=1,NS 
IF (INDBRAa).GT.O) GOTO 5 
IF (INDCORa).EQ. I) THEN 
IF(IMPC0R.EQ.1)THEN 
CONDUCT(I)=1.0D00/(RESI(I) 
1 +8.0D0*VISC»SLEN(I)»PI/AOUT(I)»*2.0D0) 
ELSE 
CONDUCT(I)=1.0D0/(RESl(I)+RES2(I)+RES3(l) 
1 +8.0D0'*VISC'»SLEN(I)«PI/AOUTa)^»2.0D0) 
END IF 
ELSE 
C0NDUCT(I)=1.0D00/(RESia)+RES2a) 
1 +8.0D0*VISC»SLEN(I)»PI/AOUTa)**2.0D0) 
END IF 
5 CONTINUE 
10 CONTINUE 
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C CALCULATE CONDUCTfl) FOR THE REST OF THE SEGMENTS 
C 
D020I=NS,l,-l 
K=INDBRA(I) 
IF ((K.EQ.O).OR.(INDBYP(D.EQ.l)) GOTO 15 
CONDUCT(I)=1.0DOO/(1.0DOO/(CONDUCT(K)+CONDUCT(K+1)) 
1 +8.0DOO»VISC»PI*SLENfl)/AOUT(I)^»2) 
15 CONTINUE 
20 CONTINUE 
C 
C ^THE TOTAL RESISTANCE IS THE INVERSE OF THE 
C CONDUCnVITY OF THE FIRST SEGMENT 
C 
RTOTAL=1.0DOO/CONDUCT(1) 
C 
C ^FEX PROXIMAL P AND Q 
C 
IF(NPB.GT.O)THEN 
PR=FPRES(O.ODOO) 
FL(l)=PBOUN(l,lVRTOTAL 
ELSE 
FL(1)=FFLOW(O.ODO) 
PR=QB0UN(1, D^RTOTAL 
END IF 
C 
C 
C ASSIGN INITIAL FLOW VALUES BY DIVIDING Q 
C ACCORDING TO THE CONDUCTIVITY OF EACH ELEMENT 
C 
DO30I=l,NS 
IF ((INDBYPa).EQ.l).OR.(INDBRA(I).EQ.O)) GOTO 25 
IB1=INDBRA(I) 
IB2=mi+l 
FL(IBl)=FLa)»CONDUCT(IBl)/(CONDUCT(IBl)+CONDUCT(IB2)) 
FL(IB2)=FLa)-FL(IBl) 
25 CONTINUE 
30 CONTINUE 
C 
C ADD TO THE INITIAL FLOW VALUES THE PORTION COMING FROM 
C ^THE BODY FORCE TERM 
C 
D040I=1,NS 
IF (INDBRA(I).GT.O) GOTO 35 
HEAD=CLAST(I,1)*GA(1)+CLAST(I,2)»GA(2) 
GFLa)=DENS»GRAV*GLOAD»HEAD'»CONDUCT(I) 
35 CONTINUE 
40 CONTINUE 
DO 50 I=NS,1,-I 
K=INDBRAa) 
IF(K.EQ.O)GOT0 50 
GFL(I)=GFL(K)+GFL(K+1) 
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50 CONTINUE 
C 
C ASSIGN INITIAL PRESSURE PINTTO) AND FLOW QINIT(D VALUES 
C TO ALL NODES 
C 
K=0 
D070I=I.NS 
KF=NF1RST(I) 
KL=NLAST(D 
D060J=KF,KL 
IF (INDBYP(I).EQ. 1) THEN 
PINIT(J)=PR 
QINIT(J)=FL(INDBRA(D)+GFL(INDBRAa)) 
ELSE 
PINrr(J>=PR 
QINIT(J)=FL(I)+GFLa) 
END IF 
60 CONTINUE 
70 CONTINUE 
C 
C SPRINT OUT INITIAL VALUES FOR ALL NODES 
C 
WRITE (2,1000) 
D080K=1,NT.2 
L=K+1 
WRITE (2,2000) a.PINIT(D,QINIT(I),I=K,L) 
80 CONTINUE 
C 
RETURN 
C 
1000 FORMAT(//,15X,'INmAL PRESSURE AND FLOW VALUES',/) 
2000 F0RMAT(2(1X,13,2X,2(D12.5,1X))) 
C 
END 
C 
C 
SUBROUTINE SOLVE 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
c c 
C THIS SUBROUTINE SOLVES THE SYSTEM OF EQUATIONS C 
C RESULTING FROM THE APPLICATION OF AN EXPLICIT C 
C FINITE DIFFERENCE METHOD ON THE GOVERNING EQUATIONS. C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H,0-Z) 
CHARACTER^SO MEANFILE 
COMMON/AREADT/AIN(150),AOUT(150),AVA(500) 
COMMON/COORDN/X(500),DX(500),XLAST(150),COORD(800,2),CLAST(150,2) 
COMMON/FLUPRO/DENS,VISC 
COMMON/FRY/CV,CU 
COMMON/GRAVT/GRAV,GLOAD,GA(2),GZ(500) 
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COMMON/ISEGMT/NNODES(150).INDBRA(150),INDPAR(150),INDCOR(150) 
1 ,INDSTE(150),INDBYP(150) 
COMMON/NBOUN/NQB,NPB 
COMMON/NDATA/NS,NT,NCYC 
COMMON/NODES/NFIRST(150),NLAST(150) 
COMMON/PEE/PI 
COMMON/STENOS/XSTEN(150),STELEN(150),PRC(150) 
1 ,ST1(150),ST2(150).ST3(150) 
COMMON/TERMZ/RESl(150).RES2(150),RES3(l50),Cr(150),CT2(150),IMPCOR 
COMMON/rDATA/DT.FREQ 
COMMONArAINrr/PINIT(500),QINIT(500) 
COMMON/LVP/TSYS,VENDD,EES,VO,TES.TAU,ALVP,BLVP,PLVP 
C 
DIMENSION P(0:500),Q(0:500),PAVG(500),PMAX(500).PMIN(500) 
1 ,QAVG(5(K)),QMAX(500),QMIN(500),QMEAN(500) 
DIMENSION PTR1(150),PTR2(I50).PTR3(150),PTR4(150) 
1 ,R2(I50),R3(150),C1(I50),C2(I50) 
2 ,R1MEAN(I50),R2MEAN(150),R3MEAN(150) 
DIMENSION IBYP1(150),IBYP2(150) 
DIMENSION NPLT(12),PPLOT(0:12),QPLOT(0:12) 
C 
WRITE(6,*) "Enter the number of nodes you would like to plot' 
READ(5*)NNP 
WRITE(6,*) "Enter the nodes you would like to plot" 
READCS,'*) (NPLTO), I=1,NNP) 
C 
WRi i t(6,*) "Enter 1 if auto-regulation should be activated" 
READ(5.»)NAUT0 
IF(NAUT0.EQ.1)THEN 
WRITE(*',"(A,$)")" Enter file name:" 
READ(»,"(A20)') MEANFILE 
OPEN (UNIT=10,FILE=MEANFILE,STATUS='UNKNOWN') 
DOI=l,NS 
IF (INDBRAa).EQ.O) READ (10,1000) QMEANa) 
1000 FORMAT(6X,F6.3) 
END DO 
END IF 
C 
C INITIALIZE MAXIMUM, MINIMUM AND MEAN P AND Q VALUES 
C 
DO I=l,NT 
PMAX(I)=O.DO 
QMAX(I)=0.D0 
PMINa)=l.D10 
QMINa)=l.D10 
PAVGa)=O.DO 
QAVG(I)=O.DO 
END DO 
C 
C ^TNITIALIZE LOCATION OF BYPASS GRAFTS 
C 
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DOJ=l,NS 
roYPl(J)=0 
1BYP2(J)=0 
END DO 
C 
C ^NTS; NUMBER OF TIME STEPS 
C ^NTSPC: NUMBER OF TIME STEPS PER CYCLE 
C ^TCYC: TIME TO COMPLETE ONE CYCLE 
C 
NTS=IDNINT(NCYC/(DT^FREQ)) 
NTSPC=NTS/NCYC 
IPRN=NTS/NCYaiOO 
TCYC=DBLE(NTSPC»DT) 
C 
C COPY THE INITIAL VALUES TO A VECTOR 
C ^TO START THE INTEGRATION PROCEDURE 
C 
D010J=I,NT 
P(J)=PINIT(J) 
Q(J)=QINIT(J) 
10 CONTINUE 
C 
C SETTING INITIAL VALUES FOR INTRAMYOCARDIAL IMPEDANCES 
C AND TRANSMURAL PRESSURES 
C 
DO 12 J=1,NS 
IF (INDBRA(J).EQ.O) THEN 
NL=NLAST(J) 
PTR1(J)=P(NL) 
PTR2(J)=P(NL) 
PTR3(J)=P(NL) 
PTR4(J)=P(NL) 
R2(J)=RES2(J) 
R3(J)=RES3(J) 
C1(J)=CT(J) 
C2(J)=CT2(J) 
R1MEAN(J)=RES1(J) 
R2MEAN(J)=RES2(J) 
R3MEAN(J)=RES3(J) 
END IF 
12 CONTINUE 
C 
C ^DEFINING LOCATION OF BYPASS GRAFTS FOR COMPUTATION 
C 
D013J=1.NS 
IF (INDBYP(J).EQ. 1) THEN 
IBYP1(INDPAR(J))=J 
IBYP2(INDBRA(J))=J 
END IF 
13 CONTINUE 
C 
137 
C START THE SOLUTION - MARCH IN TIME 
C 
D050IT=1,NTS 
TIME=IT»DT 
CnME=DBLE(TIME-IDINT(TIME/TCYC)/FREQ) 
C 
PAR1==8.0D0»CV»PI»VISC*DT/DENS/CU 
D040I=1,NS 
C 
NF=NFIRST(I) 
NL=NLASTa) 
C 
C ^AUTO-REGULATION: TERMINAL RESISTANCES ARE ADJUSTED IF 
C ^MEAN FLOW TO TERMINAL BED IS BELOW THE CONTROL VALUE 
C 
IF (NAUTO.NE. 1) GO TO 11 
IF ((CTIME.EQ.O.O).AND.(INDBRA(I).EQ.O)) THEN 
QRATIO=(QAVG(NL)/DBLE{NTSPC)»1.0D6)/QMEAN(I) 
IF (QRATIO.LT.l.ODO) THEN 
IF(INDCOR(I).EQ.l) THEN 
RT=RlMEANa)+R2MEAN(I)+R3MEAN(I) 
AUTOK=(RlMEAN(I)+R2MEANa))/(QRATIO»RT-R3MEAN(I)) 
RESia)=RESl(I)/AUTOK 
RES2a)=RES2(I)/AUTOK 
C AUTO-REGULATION EXHAUSTED IF VASODILATOR PARAMETER > 5 
IF (RESia).LT.RlMEANa)/5.0D0) RESlfl)=RlMEAN(I)/5.D0 
IF (RES2(I).LT.R2MEAN(I)/5.0D0) RES2(I)=R2MEANa)/5.D0 
ELSE 
RT=R1MEAN(I)+R2MEAN(I) 
AUT0K=R2MEANa)/(QRATI0*RT-RlMEAN(I)) 
RES2(I)=RES2(I)/AUTOK 
C ^AUTO-REGULATION EXHAUSTED IF VASODILATOR PARAMETER > 5 
IF (RES2a).LT.R2MEANa)/5.0D0) RES2a)=RlMEAN(I)/5.D0 
END IF 
WRITE(6,"») I.QRATIO.AUTOK 
END IF 
END IF 
C 
C ^WRTTE OUT THE EQUATIONS FOR THE FIRST NODE 
C 
11 IF(NF.EQ.1)THEN 
C 
C PROXIMAL END CONDITION 
C 
ff (NPB.GT.O)THEN 
C 
c PROXIMAL PRESSURE PRESCRIBED 
C 
PG"JF)=FPRES(TIME) 
Q(NF)=(1.0D0-PAR1/AVA(NF))»Q(NF) 
1 -DT/(CU»DENS)/DX(NF)»AVA(NF)» 
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2 (P(NF+1)-P(NF)) 
3 +AVA(NF)*GZ{I)*'DT/CU 
C 
C ^PROXIMAL FLOW PRESCRIBED 
C 
ELSE 
IF (CnME.EQ.0.0) VEJECT=O.ODO 
Q(NF)=FFLOW(Tn»^) 
QOLD=FFLOW(TIME-DT) 
C ^VOLUME EJECTED FROM VENTRICLE IS COMPUTED 
VEJECT=VEJECT+((Q{NF)4<JOLD)»DT/2.DO) 
VOL=VENDD-VEJECT 
Q(0)=VOL 
CALL COMPLA(P(NF),CA,NF) 
P(NF)=P(NF)-DT/CA/DX(NF)*(Q(NF+1)-Q(NF)) 
END IF 
C 
C EQUATIONS FOR VENTRICULAR PRESSURE 
C 
PLVED=ALVP»(DEXP(BLVP«(VENDD-VO))-I .DO) 
IF (CnME.LT.TSYS) THEN 
P(INDPAR(NF))=PLVED 
ELSE 
TLIMIT=3.D0»TES/2.D0 
IF (CTIME.LT.(TSYS+TLIMrD) THEN 
ELV=0.5D0*'(DSIN((PP(CTIME-TSYS)/TES) 
1 -(PI/2.D0))+1.D0) 
ELSE 
ELV=0.5D0*DEXP(-(CTIME-TSYS-TLIMIT)/TAU) 
END IF 
C 
PES=EES*(V0L-V0) 
PED=ALVP*(DEXP(BLVP*(VOL-VO))-1.DO) 
P(INDPAR(NF))=ELV'»(PES-PED)+PED 
IF (P(INDPAR(NF)).LT.PLVED) P(INDPAR(NF))=PLVED 
END IF 
ELSE 
C 
C NODE AT BEGINNING OF A BRANCH 
C 
IF (INDBYP(I).EQ. 1) THEN 
C SEGMENT IS A BYPASS GRAFT 
P(NF)=P(NFIRST(INDPARa))+INDBYP(INDPAR(I))-l) 
ELSE 
C SEGMENT IS A NORMAL ARTERY 
P(NF)=P(NLAST(INDPAR(I))) 
END IF 
Q(NF)=(1.0D0-PAR1/AVA(NF))*Q(NF) 
1 -DT/(CU»DENS)/DX(NF)«AVA(NF)*(P(NF+1)-P(NF)) 
2 +AVA(NF)^GZ(I)*DT/CU 
END IF 
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—^WRTIE OUT THE EQUATIONS FOR INTERIOR NODES 
—(BETWEEN FIRST AND LAST) OF EACH SEGMENT 
IS=INDSTE(I) 
IB=INDBYP(D 
IFaS.EQ.O)THEN 
^NO STENOSIS 
IF ((IBYPia) GT.O).OR.(IBYP2(I).GT.O)) THEN 
^BYPASS CONNECTION OCCURS IN THIS SEGMENT 
^EQUATIONS FOR NODES PROXIMAL TO BYPASS CONNECTION 
D020J=NF+l,NF+IB-2 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J-1)'»(Q(J)-Q(J-1)) 
QCJMl.ODO-PARI/AVACTO^QCJ) 
-DT/(CU'»DENS)/DX(J)*AVA(J)*(P(J+1)-P(J)) 
-DT/(CU*DX(J-1))'»(Q(J)**2/AVA(J) 
-Q(M)'**2/AVA(J-1)) 
+AVA(J)»GZa)»DT/CU 
CONTINUE 
^EQUATIONS FOR NODE PROXIMAL TO BYPASS CONNECTION 
J=NF+IB-1 
IF (IBYPia).GT.O) THEN 
^BYPASS BIFURCATION 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J).DT/CA/DX(M)«'(Q(J)-Q(J-1)) 
ELSE 
BYPASS CONVERGENCE 
P(J)=P(NLAST(IBYP2a))) 
Q(J)={1.0D0-PAR1/AVA(J))»Q(J) 
-DT/(CU»DENS)/DX(J.1)*AVA(J)»(P(J)-P(J-1)) 
-DT/(CU'»DX(J-1))«(Q(J)»*2/AVA(J) 
-Q{J-1)**2/AVA(J-1)) 
+AVA(J)»GZ(I)*DT/CU 
END IF 
EQUATIONS FOR NODE DISTAL TO BYPASS CONNECTION 
J=NF+IB 
IF (IBYPl(I).GT.O) THEN 
BYPASS BIFURCATION 
P(J)=P(J-1) 
Q(JH10D0-PAR1/AVA(J))»Q(J) 
-DT/(CU»DENS)/DX(J)»AVA(J)'*(P(J+1)-P(J)) 
+AVA(J)»GZ(I)*DT/CU 
ELSE 
BYPASS CONVERGENCE 
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NB1=NLAST(IBYP2(I)) 
P(J)=P(NLAST(IBYP2(I))) 
Q(J)=(1-0D0-PAR1/AVA(J))»Q(J) 
•DT/(CU'*DENS)/DX(J)»AVA(J)"»(P(J+1)-P(J)) 
+AVA(J)»GZa)*DT/CU 
END IF 
^EQUATIONS FOR NODES DISTAL TO BYPASS CONNECTION 
D021 J=NF+IB+1,NL-1 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(M)*(Q(J)-Q{M)) 
Q(J)=(10DO-PAR1/AVA(J))*Q(J) 
-DT/(CU*DENS)/DX(J)*AVA(J)'*(P(J+1)-P(J)) 
-DT/(CU»DX(J-1))'»(Q{J)'»»2/AVA(J) 
-Q(J-1)'»*2/AVA(J-1)) 
+AVA(J)»GZa)»DT/CU 
CONTINUE 
ELSE 
^NO BYPASS CONNECTION POINTS IN THIS SEGMENT 
D024J=NF+1,NL-1 
IF(IB.EQ.1)THEN 
^BYPASS GRAFT 
CALL CABYPASS(P(J),CA,J) 
ELSE 
^NORMAL ARTERY 
CALL COMPLA(P(J),CA,J) 
END IF 
PHP=0.5D0*(P(J)+P(J+1) 
-DT/CA/DX(J)*(Q(J+1)-Q(J))) 
PHM=0.5D0»(P(J-I)+P(J) 
-DT/CA/DX(J.1)»(Q(J)-Q(M))) 
QHP=(1.0D0-PAR1/AVA(J))*0.5D0*(Q{J+1)+Q(J) 
-DT/(CU»DENS)/DX(J)^AVA(J)*'(P(J+1)-P(J)) 
-DT/(CU^DX(J))«(Q(J+1)»«2/AVA(J+1) 
-Q(J)»*2/AVA(J)) 
+AVA(J)»GZ{D»DT/CU) 
QHM=(1.0D0-PAR1/AVA(J))»0.5D0»(Q(J>KKJ-1) 
-DT/(CU»DENS)/DX(J-1)»AVA(J)»(P(J)-P(J-1)) 
-DT/(CU»DX(J-1))^(Q(J)'**2/AVA(J) 
-Q(J-1)'*2/AVA(J-1)) 
+AVA(J)»GZ(I)»DT/CU) 
AHP=0.5D0*(AVA(J)+AVA(J+1)) 
AHM=0.5D0»(AVA(J.1)+AVA(J)) 
DXH=0.5DO«(DX(J)+DX(J-1)) 
P(J)=P(J)-DT/CA/DXH'»(QHP-QHM) 
Q{J)={1.0DO-PAR1/AVA(J))»Q{J) 
-DT/(CU*DENS)/DXH«AVA(J)*(PHP-PHM) 
-DT/(CU»DXH)»(QHP»«2/AHP 
-QHM»»2/AHM) 
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+AVA(J)^GZ(I)'»DT/CU 
CONTINUE 
END IF 
ELSE 
STENOSES PRESENT 
BF ((IBYP1(I).GT.O).OR.(IBYP2(D.GT.O)) THEN 
^BYPASS CONNECTION OCCURS IN THIS SEGMENT 
IF (IBYPl(I).GT.O) THEN 
^BYPASS BIFURCATION OCCURS BEFORE STENOSIS 
^EQUATIONS FOR NODES PROXIMAL TO BYPASS CONNECTION 
D025J=NF+l,NF+IB-2 
CALL COMPLA(P(J),CA.J) 
P(J)=P(J).DT/CA/DX{J-1)»(Q(J)-Q(J-1)) 
Q(J)=(10D0-PAR1/AVA(J))«Q(J) 
-DT/(CU*DENS)/DX(J)*AVA(J)'»(P(J+1)-P(J)) 
-DT/(CU*'DX{J-1))»(Q(J)^»2/AVA(J) 
-Q(J-1)**2/AVA(J-1)) 
+AVA{J)»GZ(I)*DT/CU 
CONTINUE 
^EQUATIONS FOR NODE PROXIMAL TO BYPASS CONNECTION 
J=NF+IB-1 
CALL COMPLA(P(J).CA,J) 
P(J)=P(J)-DT/CA/DX(J-1)»(Q(J)-Q(J-1)) 
^EQUATIONS FOR NODE DISTAL TO BYPASS CONNECTION 
J=NF+IB 
P(3)=P(J-l) 
Q(J)=(1.0D0-PAR1/AVA(J))'»Q(J) 
-DT/(CU*DENS)/DX(J)«'AVA(J)*(P(J+1).P(J)) 
+AVA{J)«GZa)*DT/CU 
^EQUATIONS FOR NODES DISTAL TO BYPASS CONNECTION 
^AND PROXIMAL TO STENOSIS 
DO 26 J=NF+IB+l,NF+IS-2 
CALL COMPLA(P(J).CA,J) 
P(J)=P(J)-DT/CAA)X(J-1)»(Q{J)-Q{M)) 
Q(J)=(1.0D0-PAR1/AVA(3))»Q{J) 
-DT/(CU^DENS)/DX(J)»AVA(J)^(P(J+1)-P(J)) 
-DT/(CU^DX(J-1))»(Q(J)»'»2/AVA(J) 
-Q(J-1)*»2/AVA(J-1)) 
+AVA(J)*GZ(I)«DT/CU 
CONTINUE 
EQUATIONS FOR PROXIMAL NODE OF STENOSIS 
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J=NF+IS-1 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J.1)*'(Q(J)-Q(J-1)) 
STENOSIS EQUATION 
Q(J)=Q(J)+DT»(ST1(D*(P(J)-P(J+1))+ST2(I)*Q(J) 
+ST3(I)»Q(J)«DABS(Q(J))) 
^EQUATIONS FOR DISTAL NODE OF STENOSIS 
J=NF+IS 
CALL COMPLA(P(J).CA,J) 
P(J)=P(J)-DT/CA/DX(J)*(Q(J+1)-Q(J)) Q(J)=Q(J-1) 
^EQUATIONS FOR NODES DISTAL TO STENOSIS 
D027J=NF+IS+1,NL-1 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J-1)*(Q(J)-Q(J-1)) 
Q(J)=(10DO-PAR1/AVA(J))*Q(J) 
-DT/(CU'»DENS)/DX(J)'*AVA(J)»(P(J+1)-P(J)) 
-DT/(CU*DX(J-1))«(Q(J)^»2/AVA(J) 
-Q(M)»'»2/AVA(J-1)) 
+AVA(J)*GZ(I)'»DT/CU 
CONTINUE 
ELSE 
STENOSIS OCCURS BEFORE BYPASS COVERGENCE 
^EQUATIONS FOR NODES PROXIMAL TO STENOSIS 
D030J=NF+l,NF+IS-2 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J-1)»{Q(J)-Q(J-1)) 
Q(J)=(1.0D0-PAR1/AVA(J))*Q(J) 
-DT/(CU«DENS)/DX(J)*AVA(J)«(P(J+I)-P(J)) 
-DT/(CU«DX(J-1))*(Q(J)**2/AVA(J) 
^KJ-O^^Z/AVAa-l)) 
+AVA(J)»GZ(I)»DT/CU 
CONTINUE 
EQUATIONS FOR PROXIMAL NODE OF STENOSIS 
J=NF+IS-1 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(M)»(Q(J)-Q(J-1)) 
STENOSIS EQUATION 
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Q(J)=Q(J)+DT*(ST1(I)'»(P(J)-P(J+1))+ST2(D^Q(J) 
+ST3(I)*Q(J)*DABS(Q(J))) 
^EQUATIONS FOR DISTAL NODE OF STENOSIS 
J=NF+IS 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J)»(Q{J+1)-Q{J)) Q(J)=Q{J-1) 
^EQUATIONS FOR NODES DISTAL TO STENOSIS 
AND PROXIMAL TO BYPASS CONNECTION 
DO 31 J=NF+IS+l,NF+IB-2 
CALL COMPLA(P(J),CA,J) 
PHP=0.5D0*(P(J)+P(J+1) 
-DT/CA/DX(J)»(Q(J+1)<KJ))) 
PHM=0.5D0^(P(J-1)+P(J) 
-DT/CA/DX(J-1)«(Q(J)-Q(M))) 
QHP={1.0DO-PAR1/AVA(J))»0.5DO*(Q{J+1)+Q(J) 
-DT/(CU*DENS)/DX(J)*AVA(J)»(P(J+1)-P(J)) 
-DT/(CU»DX(J))'»(Q(J+1)»*2/AVA(J+1) 
-Q(J)**2/AVA(J)) 
+AVA(J)»GZa)»DT/CU) QHM=(1.0DO-PARl/AVA(J))»O.5DO«(Q(J)-KKJ-l) 
-DT/(CU»DENS)/DX(J-1)*AVA(J)'»(P(J)-P(J-1)) 
-DT/(CU*DX(J-1))'*(Q(J)'»'»2/AVA(J) 
-Q(J-1)^^2/AVA(J-1)) 
+AVA(J)»GZa)*DT/CU) 
AHP=0.5DO«(AVA(J)+AVA(J+1)) 
AHM=0.5D0»(AVA(J-1)+AVA(J)) 
DXH=0.5D0*(DX(J)+DX(J-1)) 
P(J)=P(J)-DT/CA/DXH^(QHP-QHM) 
Q(J)={1-0D0-PAR1/AVA(J))»Q(J) 
-DT/(CU*DENS)/DXH«'AVA(J)'»(PHP-PHM) 
-DT/(CU»DXH)»(QHP»^2/AHP 
-QHM»«'2/AHM) 
+AVA(J)»GZ(I)'»DT/CU 
CONTINUE 
EQUATIONS FOR NODE PROXIMAL TO BYPASS CONNECTION 
J=NF+IB-1 
P(J)=P(NLAST(IBYP2(I))) 
Q{J)=(1.0D0-PARI/AVA(J))«Q(J) 
-DT/(CU^DENS)/DX(M)*AVA(J)»(P(J)-P(J-1)) 
-DT/(CU«DX(J-1))*(Q(J)»*2/AVA(J) 
-Q(J-1)«'»2/AVA(J-1)) 
+AVA(J)«GZ(I)«DT/CU 
•EQUATIONS FOR NODE DISTAL TO BYPASS CONNECTION 
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J=NF+IB 
P(J)=P(NLAST(roYP2(D)) 
Q(J)=(1.0D0-PAR1/AVA(J))»Q(J) 
1 -DT/(CU*DENS)/DX(J)«AVA(J)»(P(J+1).P(J)) 
2 +AVA(J)^GZ(D'»DT/CU 
C 
c ^EQUATIONS FOR NODES DISTAL TO BYPASS CONNECTION 
C 
D032 J=NF+IB+1,NL-1 
CALL COMPLA(P(J).CA,J) 
P(J)=P(J)-DT/CA/DX(J-1)»(Q(J)-Q(J-1)) 
Q(J)=(1.0D0-PAR1/AVA(J))*Q(J) 
1 -DT/(CU«DENS)yDX(J)^AVA(J)«(P(J+l)-P(J)) 
2 -DT/(CU»DX(M))'»(Q(J)»»2/AVA(J) 
3 -Q(J-1)»»2/AVA(J-1)) 
4 +AVA(J)«GZ(I)«DT/CU 
32 CONTINUE 
END IF 
ELSE 
C ^NO BYPASS CONNECTION POINTS IN THIS SEGMENT 
C 
C EQUATIONS FOR NODES BEFORE THE STENOSIS 
C 
DO 35 J=NF+l,NF+IS-2 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CAyDX(J)'»(Q(J)-Q(J-I)) 
Q(J)=(1.0D0-PARI/AVA(J))*Q(J) 
1 -DT/(CU*DENS)/DX(J)'»AVA(J)»(P(J+1)-P(J)) 
2 -DT/(CU'»DX{J))»(Q(J)«»2/AVA(J) 
3 -Q(J-1)»»2/AVA(J-1)) 
4 +AVA(J)»GZa)*DT/CU 
35 CONTINUE 
C 
C ^EQUATIONS FOR PROXIMAL NODE OF STENOSIS 
C 
J=NF+IS-1 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J-1)»(Q(J)-Q(J-1)) 
C 
C STENOSIS EQUATION 
C 
Q(J)=Q(J)+DT«(ST1(I)»(P(J)-P(J+1))+ST2(I)«Q(J) 
1 +ST3(I)»Q(J)»DABS(Q(J))) 
C 
C ^EQUATIONS FOR DISTAL NODE OF STENOSIS 
C 
J=NF+IS 
CALL COMPLA(P(J),CA,J) 
P(J)=P(J)-DT/CA/DX(J)»(Q(J+1)-Q{J)) 
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CKJKKJ-l) 
^EQUATIONS FOR NODES DISTAL TO STENOSIS 
D036J=NF+IS+l,NL-l 
CALL COMPLA(P(J).CA,J) 
P(J)=P(J)-DT/CA/DX(J)»(Q(J)-Q(J-1)) 
Q(J)=(10D0-PAR1/AVA(J))»Q(J) 
-DT/(CU»DENS)/DX(J)^AVA(J)'»(P{J+1).P(J)) 
-DT/(CU»DX(J))*(CKJ)»»2/AVA(J) 
-Q(M)»«2/AVA(J-1)) 
+AVA(J)*GZ{I)»DT/CU 
CONTINUE 
END IF 
END IF 
—WRITE OUT THE EQUATIONS FOR THE LAST NODE 
IF (INDBRAa).EQ.O) THEN 
—CASE A. THE SEGMENT ENDS AT A TERMINAL IMPEDANCE 
IF (INDCOR(I) .EQ. 1) THEN 
CASE A.1 CORONARY IMPEDANCE 
IF (IMPC0R.EQ.1) THEN 
CASE A. la WATERFALL MODEL 
CALL COMPLA{P(NL),CA,NL) 
P(NL)=P(NL)-DT/CA/DX(NL-1)»(Q(NL)-Q(NL-1)) 
COMPUTING ARTERIAL TRANSMURAL PRESSURE BASED ON 
% CONTRIBUTION FROM VENTRICULAR PRESSURE 
FrROLD=PTRl(I) 
PTR1(I)=P(NL)-PLVP^P(INDPAR(1)) 
IF(PTR1(I).GT.0.0D0) THEN 
Q(NL)=PTR1(I)/RESI(I)/0.7DO 
ELSE 
Q(NL)=Q(NL)-DT»Q(NL)/(RES1(I)»CT(I)) 
+(PTR1(I)-PTR0LD)/RES1(I) 
END IF 
ELSE 
CASE A. lb INTRAMYOCARDIAL PUMP MODEL 
-THE INSTANTANEOUS PRESSURE-DEPENDENT TERMINAL IMPEDANCE 
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C ^PARAMETERS ARE UPDATED EACH TIME STEP BASED ON A 
C ^REPRESENTATIVE PRESSURE-AREA AND -COMPLIANCE RELATIONSHIP 
C ^FOR EACH TERMINAL COMPARTMENT 
C 
CALL COMPLA(P(NL),CA,NL) 
P(NL)=P(NL)-DT/CA/DX(NL-1)*(Q(NL)-Q(NL-1)) 
C 
c COMPUTING ARTERL\L TOANSMURAL PRESSURE BASED ON 
C % CONTRIBUTION FROM VENTRICULAR PRESSURE 
C 
PTR10LD=PTR1(I) 
PTR1(D=P(NL)-PLVP«P(INDPAR(1)) 
C 
c ^ARTERIAL COMPARTMENT 
C 
ARATIO=1.183D0n0.5D0 
I +DATAN({PTRia)/133.2D0-22.9D0)/36.7D0)/PI) 
R1=RES1(I)^ARATIO»»(-2.DO) 
C 
c ^MICROVASCULATURE COMPARTMENT 
C 
PTR20LD=PTR2(I) 
PTR2(I)=PTR2(I)+DT/C1(I) 
1 •((PTR10LD-PTR2a))/Rl 
2 -(PTR2(I)-PTR3a))/R2(I)) 
ARATIO=1.423D0«'(0.5D0 
I +DATAN((PTR2(I)/133.2DO-22.9DO)/36.7DO)/PI) 
CRATIO=1.5427DO 
I /(l.D0+{(PTR2(I)/133.2D0-22.9D0)/36.7D0)*'*2.D0) 
Cia)=CT(I)*CRATIO 
R2(I)=RES2a)*ARATIO''*(-2.DO) 
C 
C VENULAR COMPARTMENT 
C 
PTR3(I)=PTR3(I>+DT/C2(I)»((PTR20LD-PTR3(I))/R2(I) 
1 -(PTR3(l)-PTR4a))/R3(I)) 
C 
IF (PTR3(I).LT.O.ODO) THEN 
C 
C COLLAPSED STATE 
C 
ARATIO=0.8557D0^(0.5D0 
1 +DATAN((PTR3(I)/133.2D0+4.1D0)/1 .ODO)/PI) 
CRATIO=13.93DO 
1 /(l.D0+((PTR3(I)/I33.2DO+4.1D0)/1.0DO)«»2.DO) 
ELSE 
C 
C ^NON-COLLAPSED STATE 
C 
ARATIO=2.451D0«(0.5D0 
1 +DATAN{(PTR3(I)/133.2D0-22.9D0)/36.7D0)/PI) 
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CRATIO=1.087D0/(l.D0 
1 +((PTR3(I)/I33.2DO-22.9DO)/36.7DO)»*2.DO) 
END IF 
C2(I)=CT2(D"»CRATIO 
R3(I)=RES3(I)»ARATIO«'»(-2.DO) 
PTR4a)=3.0D0-0.5D0^P(INDPAR(l)) 
C 
C COMPUTING TERMINAL FLOW 
C 
Q(NL)=(PTRl(D-PTR2a))/Rl 
END IF 
C 
C CASE A.2 NORMAL ARTERIAL IMPEDANCE: WINDKESSEL MODEL 
C 
ELSE 
POLD=P(NL) 
CALL COMPLA(P(NL),CA,NL) 
P(NL)=P(NL).DT/CA/DX(NL-1)»(Q(NL)-Q(NL-1)) 
Q(NL)=Q(NL)+(P(NL)-POLD)/RESl(I) 
1 +DT/(RESl(I)»RES2a)*CT(D)»P(NL) 
2 -DT*'(1.0D0+RESl(I)/RES2a))/(RESl(I)«CTa)) 
3 *Q(NL) 
END IF 
C 
ELSE 
C 
C CASE B. THE SEGMENT BIFURCATES OR CONVERGES 
C 
IF (INDBYPa).EQ. 1) THEN 
C SEGMENT IS A BYPASS GRAFT 
CALL CABYPASS(P(NL),CA,NL) 
P(NL)=P(NL)-DT/CA/DX(NL-1)«(Q(NL)-Q(NL-I)) 
C P(NL)=P(NFIRST(INDBRA(I))+INDBYP(INDBRA(I))) 
ELSE 
C SEGMENT IS A NORMAL ARTERY 
CALL COMPLA(P(NL),CA,NL) 
P(NL)=P(NL)-DT/CA/DX(NL-1)«(Q(NL)-Q(NL-1)) 
END IF 
END IF 
C 
40 CONTINUE 
C 
C APPLY BRANCH FLOW CONDITION 
C 
DO 45 I=1,NS 
NL=NLAST(I) 
NF1=NFIRST(INDBRA(I)) 
NF2=NFIRST(INDBRA(I)+1) 
C ARTERIAL BIFURCATION 
IF (INDBRA(l).NE.O) Q(NL)=Q(NFI)+Q(NF2) 
C 
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IF (IBYPl(D.GT.O) THEN 
C ^BYPASS BIFURCATION 
NB1=NFIRST(D+INDBYP(I)-1 
NB2=NFIRST(IBYP1(D) 
Q(NB1)=Q(NB1+1)+Q(NB2) 
ENDEF 
IF (INDBYP(I).EQ. 1) THEN 
C ^BYPASS GRAFT 
NBl=NFIRST(INDBRAa))+INDBYP(INDBRAa)) Q(NL)=Q(NB1)-Q(NB1-1) 
END IF 
45 CONTINUE 
C 
IF ((CTIME.EQ.O.O).AND.(IT.LT.NTS)) THEN 
D0I=1.NT 
PAVG(I)=O.ODO 
QAVGa)=O.ODO 
END DO 
END IF 
C 
DO 1=1,NT 
PAVGa)=PAVG(I)+P(I) 
QAVGa)=QAVG(I>K}a) 
IF (Pa).GT.PMAX(I)) PMAX(I)=P(I) 
IF (Qa)GT.QMAX(I)) QMAXa)=Qa) 
IF (P(I).LT.PMIN(I)) PMINa)=Pa) 
IF (Qa)LT.QMIN(I)) QMIN(I)=Q(I) 
END DO 
C 
C PRINT OUT THE NODAL VALUES OF PRESSURE AND FLOW 
C (PRINT OUT ONLY 100 POINTS PER CYCLE) 
C 
ICHECK=IT/IPRN 
ff (ICHECK^IPRN.NE.IT) GOTO 68 
D067 J=1,NNP 
PPLOT(NPLT(J))=P(NPLT(J))/133.2DO 
QPLOT(NPLT(J))=Q(NPLT(J))'* 1 .D6 
67 CONTINUE 
WRITE (*,'(F7.4)') TIME 
WRITE (8,2000) TIME.(PPL0T(NPLT(J)),QPL0T(NPLT(J)),J=1,NNP) 
68 CONTINUE 
50 CONTINUE 
C 
C CALCULATE AVERAGE VALUES 
C 
DOI=l,NT 
PAVG(I)=PAVGa)/DBLE(NTSPC)/133.2DO 
QAVGa)=QAVG(I)/DBLE(NTSPC)» 1.0D6 
PMAX(I)=PMAX(I)/133.2D0 
QMAXa)=QMAX(I)« 1.0D6 
PMIN(I)=PMIN(I)/133.2D0 
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QMIN(I)=QMIN{I)»1.0D6 
WRITE(7.4000)I^AVGa),QAVG(I),PMAX(I),QMAXa).PMIN(D,QMINa) 
END DO 
RETURN 
C 
2000 FORMAT(1X,F6.4.12(2X,E10.4)) 
4000 F0RMAT(1X,I3,6(2X,F8.3)) 
C 
END 
C 
C 
FUNCTION FPRESCTl) 
cccccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
c c 
C TfflS FUNCTION PROVIDES THE INITIAL VALUE OF C 
C THE PRESSURE AT TIME T1 C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H,0-2:) 
COMMON/BOUND/QBOUN(30,2),PBOUN(30,2) 
COMMON/NBOUN/NQB,NPB 
COMMON/PEE/PI 
COMMON/TDATAyDT,FREQ 
C 
P=PBOUN(l,l) 
DO 10 I=2,NPB 
ARG=2.0D00*PI*(I-I)*FREQ*T1 
P=P+PB0UN(I.1)«DC0S(ARG)+PB0UN(I,2)»DSIN(ARG) 
10 CONTINUE 
FPRES=P 
C 
RETURN 
END 
C 
C 
FUNCTION FFL0W(T1) 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
C c 
C THIS FUNCTION PROVIDES THE INmAL VALUE OF C 
C THE FLOW AT TIME T1 C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H,0-Z) 
COMMON/BOUND/QBOUN(30,2),PBOUN(30,2) 
COMMON/NBOUN/NQB.NPB 
COMMON/PEE/PI 
COMMON/TDATA/DT,FREQ 
C 
Q=QB0UN{1,1) 
DO 101=2,NQB 
ARG=2.0D00*PI*(I-1)*FREQ*T1 
150 
Q=Q+QBOUNa.l)*DCOS(ARG)+QBOUNa,2)»DSIN(ARG) 
10 CONTINUE 
FFLOW=Q 
C 
RETURN 
END 
C 
C 
SUBROUTINE COMPLA(PRESS,CA,L) 
cccccccccccccccccccccccccccccccccccccccccccccccccccccccccccc 
c c 
C THIS SUBROUTINE COMPUTES THE INSTANTANEOUS PRESSURE- C 
C DEPENDENT AREA COMPLIANCE OF EACH SEGMENT BASED ON C 
C AN ARCTANGENT PRESSURE-AREA RELATIONSHIP C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REALMS (A-H.O-Z) 
COMMON/COMPL/CMAX(500),PA(500),PB(500) 
C 
P=PRESS/133.2DO 
C 
CA=CMAX(L)/(I.0D0+((P-PA(L))/PB(L))*»2.0D0) 
C 
RETURN 
END 
C 
C 
SUBROUTINE CABYPASS(PRESS,CA,L) 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
C C 
C THIS SUBROUTINE COMPUTES THE INSTANTANEOUS PRESSURE- C 
C DEPENDENT AREA COMPLIANCE OF THE BYPASS GRAFT C 
C C 
CCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCCC 
IMPLICIT REAL»8 (A-H,0-Z) 
COMMON/COMPL/CMAX(500),PA(500),PB(500) 
C 
P=PRESS/133.2D0 
C 
CA=€MAX(L)/(1.0DO+((P-PA(L))/PB(L))»*2.0DO) 
C 
RETURN 
END 
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APPENDIX B. INPUT DATA FILE 
NUMBER OF SEGMENTS 
71 
SEG# BRAN PARNT COR BYP STN #NOD SEGMT LENGTH INPUT AREA OUTPUT AREA 
1 2 0 0 0 0 2 2.00000E-02 6.78866E-04 6.65153E-04 
2 4 1 0 0 0 2 2.00000E-02 6.65153E-04 6.51440E-04 
3 58 1 1 0 0 2 2.20000E-02 1.09000E-05 1.09000E-05 
4 16 2 0 0 0 2 2.00000E-02 3.94081E-04 3.94081E-04 
5 6 2 0 0 0 3 3.40000E-02 1.20763E-04 1.20763E-04 
6 8 5 0 0 0 2 3.40000E-02 5.62122E-05 5.10223E^5 
7 14 5 0 0 0 5 1.77000E-01 4.30084E-05 4.30084E-05 
8 0 6 0 0 0 5 1.48000E-01 1.11036E-05 1.05209E-05 
9 10 6 0 0 0 8 4.22000E-01 5.10222E-05 1.74974E-05 
10 0 9 0 0 0 6 2.35000E-01 9.51148E-06 6.33470E-06 
11 12 9 0 0 0 4 6.70000E-02 1.45220E-05 1.29462E-05 
12 0 11 0 0 0 4 7.90000E-02 2.60155E-06 2.60155E-06 
13 0 11 0 0 0 5 1.71000E-01 1.29462E-05 1.05209E-05 
14 0 7 0 0 0 5 1.77000E-01 9.84229E-06 2.16424E-06 
15 0 7 0 0 0 5 1.77000E-01 9.84229E-06 2.16424E-06 
16 20 4 0 0 0 2 3.90000E-02 3.59681E-04 3.59681E-04 
17 18 4 0 0 0 6 2.08000E-01 4.30084E-05 4.30084E-05 
18 0 17 0 0 0 5 1.77000E-01 9.84229E-06 2.16424E-06 
19 0 17 0 0 0 5 1.77000E-01 9.84229E-06 2.16424E-06 
20 28 16 0 0 0 3 5.20000E-02 3.13531E-04 1.43139E-04 
21 22 16 0 0 0 4 3.40000E-02 5.62122E-05 5.10223E-05 
22 0 21 0 0 0 5 1.48000E-01 1.11036E-05 1.05209E-05 
23 24 21 0 0 0 8 4.22000E-01 5.10222E-05 1.74974E-05 
24 0 23 0 0 0 6 2.35000E-01 9.51148E-06 6.33470E-06 
25 26 23 0 0 0 4 6.70000E-02 1.45220E-05 1.29462E-05 
26 0 25 0 0 0 4 7.90000E-02 2.60155E-06 2.60155E-06 
27 0 25 0 0 0 5 1.71000E-01 1.29462E-05 1.05209E-05 
28 0 20 0 0 0 4 8.00000E-<)2 1.25664E-05 7.06858E-06 
29 30 20 0 0 0 5 1.04000E-01 1.43139E-04 1.16899E-04 
30 36 29 0 0 0 3 5.30000E-02 1.16899E-04 1.05683E-04 
31 32 29 0 0 0 2 l.OOOOOE-02 4.77836E-05 4.77836E-05 
32 34 31 0 0 0 2 l.OOOOOE-02 4.77836E-05 4.77836E-05 
33 0 31 0 0 0 3 6.60000E-02 1.52053E-05 1.52053E-05 
34 0 32 0 0 0 3 7.10000E-02 1.01788E-05 1.01788E-05 
35 0 32 0 0 0 3 6.30000E^2 2.37583E-05 2.37583E-05 
36 0 30 0 0 0 4 5.90000E-02 5.94467E-05 5.94467E-05 
37 38 30 0 0 0 2 l.OOOOOE-02 1.05683E-04 1.04586E-04 
38 0 37 0 0 0 2 3.20000E-02 2.12371E-05 2.12371E-05 
39 40 37 0 0 0 2 l.OOOOOE-02 1.04586E-04 1.03494E-04 
40 0 39 0 0 0 2 3.20000E-02 2.12371E-^5 2.12371E-05 
41 42 39 0 0 0 4 7.06000E-02 1.03494E-04 9.53856E-05 
42 0 41 0 0 0 3 5.00000E-02 8.04247E-06 8.04247E-06 
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43 44 41 
44 46 43 
45 52 43 
46 48 44 
47 0 44 
48 50 46 
49 0 46 
50 0 48 
51 0 48 
52 54 45 
53 0 45 
54 56 52 
55 0 52 
56 0 54 
57 0 54 
58 66 3 
59 60 3 
60 62 59 
61 0 59 
62 64 60 
63 0 60 
64 0 62 
65 0 62 
66 68 58 
67 0 58 
68 70 66 
69 0 66 
70 0 68 
71 0 68 
SEG# TIN 
1 1.63000D-3 
2 1.63000D-3 
3 2.2606 lD-4 
4 1.32000D-3 
5 8.60000D-4 
6 6.70000D-4 
7 6.30000D-4 
8 4.60000D-4 
9 6.60000D-4 
10 4.40000D-4 
11 4.90000D-4 
12 2.80000D-4 
13 4.70000D-4 
14 4.50000D-4 
15 4.50000D-4 
16 1.27000D-3 
17 6.30000D-4 
18 4.50000D-4 
19 4.50000D-4 
20 1.20000D-3 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
TOUT 
1.63000D-3 
1.63000D-3 
2.26061D-4 
1.32000D-3 
8.60000D-4 
6.70000D-4 
6.30000D-4 
4.50000D-4 
5.00000D-4 
4.10000D-4 
4.90000D-4 
2.80000D-4 
4.50000D-4 
2.60000D-4 
2.60000D-4 
1.27000D-3 
6.30000D-4 
2.60000D-4 
2.60000D-4 
1.20000D-3 
0 2 
0 3 
0 3 
0 5 
0 3 
0 10 
0 5 
0 8 
0 8 
0 5 
0 3 
0 10 
0 4 
0 8 
0 8 
0 2 
0 2 
0 2 
0 4 
0 3 
0 3 
0 4 
0 4 
0 2 
0 5 
0 3 
0 5 
0 7 
0 3 
E 
4.00000D+5 
4.00000D+5 
5.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
8.00000D+5 
4.00000D+5 
8.00000D+5 
8.00000D+5 
1.60000D+6 
8.00000D+5 
l.lOOOOD+6 
1.10000D4€ 
4.00000D+5 
4.00000D+5 
l.lOOOOD+6 
l.lOOOOD+6 
4.00000D+5 
1.00000E-02 
5.82000E-02 
S.82000Er02 
1.44000E-01 
5.00000E-02 
4.43O0OE-OI 
1.26000E-01 
3.21000E-01 
3.43000E-01 
1.44000E-01 
S.O0O0OE-O2 
4.43000E-01 
1.26000E-01 
3.21000E-01 
3.43000E-01 
2.00000E-02 
2.00000E-02 
1.50000E-02 
3.50000E-02 
2.10000E-02 
3.00000E-02 
3.90000E-02 
3.70000E-02 
7.00000E-03 
4.60000E-02 
2.90000E-02 
4.70000E-02 
6.90000E-02 
2.20000E-02 
9.53856E-05 
4.25447E-05 
4.25447E-05 
3.69605E-05 
1.25660E^5 
2.10740E-05 
2.04282E-0S 
1.01788E-05 
5.30929E-06 
3.69605E-05 
1.25660E-05 
2.10740E-05 
2.04282E-05 
1.01788E-05 
5.30929E-06 
6.55970E-06 
6.69660E-06 
5.30930E-06 
4.22730E-06 
4.30050E-06 
3.14160E-06 
3.23650E-06 
3.36540E-06 
6.55970E-06 
4.22733E-06 
4.86950E-06 
3.33290E-06 
3.30060E-06 
1.56150E-06 
9.43433E-05 
3.69605E-05 
3.69605E-05 
2.29022E-05 
I.25660E-05 
1.13411E-05 
1.08686E-OS 
6.24S80E-06 
3.14159E-06 
2.29022E-05 
1.25660E-05 
1.1341 lE-05 
1.08686E-0S 
6.24580E-06 
3.14159E-06 
6.55970E-06 
6.96990E-06 
5.30930E-06 
4.22730E-06 
4.30050E-06 
3.14160E-06 
3.23650E-06 
3.36540E-06 
6.55970E-06 
4.22733E-06 
4.86950E-06 
3.33290E-06 
3.30060E-06 
1.56150E-06 
SEEPAGE 
O.OOOOOD+0 
O.OOOOOD+0 
O.OOOOOD+0 
O.OOOOOD+O 
O.OOOOOD+0 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD-H) 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
ANGLE 
0.09000D+3 
0.09000D+3 
0.35300D+3 
O.OOOOOD+3 
0.13500D+3 
0.18000D+3 
0.09000D+3 
0.12000D+3 
0.24000D+3 
0.24000D+3 
0.24000D+3 
0.24000D+3 
0.24000D+3 
0.09000D+3 
0.13500D+3 
O.OOOOOD+3 
0.06000D+3 
0.09000D+3 
0.04500D+3 
0.27000D+3 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
0 
153 
21 6.70000D-4 
22 4.60000D-4 
23 6.60000D-4 
24 4.40000D-4 
25 4.90000D-4 
26 2.80000D-4 
27 4.70000D-4 
28 5.20000D-4 
29 9.00000D-4 
30 8.40000D-4 
31 6.40000D-4 
32 6.40000D-4 
33 4.90000D-4 
34 4.50000D-4 
35 5.40000D-4 
36 6.90000D-4 
37 8.20000D-4 
38 5.20000D-4 
39 8.16000D-4 
40 5.20000D-4 
41 8.12500D-4 
42 4.30000D-4 
43 7.83800D-4 
44 6.30000D-4 
45 6.30000D-4 
46 6.00000D-4 
47 4.00000D-4 
48 5.20000D-4 
49 5.20000D-4 
50 5.10000D-4 
51 3.90000D-4 
52 6.00000D-4 
53 4.00000D-4 
54 5.20000D-4 
55 5.20000D-4 
56 5.10000D-4 
57 3.90000D-4 
1.75152D-4 
1.76970D-4 
60 1.57576D-4 
61 1.40606D-4 
62 1.41818D-4 
63 1.21212D-4 
64 1.23030D-4 
65 1.25455D-4 
66 1.75152D-4 
67 1.40606D-4 
68 1.50909D-4 
1.24848D-4 
1.24242D-4 
58 
59 
69 
70 
71 8.545450-5 
6.70000D-4 
4.50000D-4 
5.00000D-4 
4.10000D-4 
4.90000D-4 
2.80000D-4 
4.50000D-4 
3.50000D-4 
8.70000D-4 
8.20000D-4 
6.40000D-4 
6.40000D-4 
4.90000D-4 
4.50000D-4 
5.40000D-4 
6.90000D-4 
8.16000D-4 
5.20000D-4 
8.12500D-4 
5.20000D-4 
7.83800D-4 
4.30000D-4 
7.80000D-4 
6.00000D-4 
6.00000D-4 
5.30000D-4 
4.00000D-4 
4.60000D-4 
4.60000D-4 
4.10000D-4 
3.00000D-4 
5.30000D-4 
4.00000D-4 
4.60000D-4 
4.60000D-4 
4.10000D-4 
3.00000D-4 
1.75152D-4 
1.76970D-4 
1.57576D-4 
1.40606D-4 
1.41818D-4 
1.21212D-4 
1.23030D-4 
1.25455D-4 
1.75152D-4 
1.40606D-4 
1.50909D-4 
1.24848D-4 
1.24242D-4 
8.54545D-5 
4.00000D+5 
8.00000D+5 
4.00000D+5 
8.00000D+5 
8.00000D+5 
1.60000EH6 
8.00000EH-5 
8.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000IH5 
4.00000EM-5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
8.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
4.00000D+5 
1.60000D+6 
5.00000D+5 
1.60000D+6 
1.60000D+6 
1.60000EH« 
4.00000D+5 
1.60000D+6 
5.00000D+5 
1.60000D+6 
1.60000D4« 
1.60000D+6 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
5.00000D+5 
0.000O0D4O 
O.OOOOOD+0 
0.00000D4O 
0.00000040 
O.OOOOOD+0 
O.OOOOOEHO 
O.OOOOOEHO 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOEHO 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOEHO 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
O.OOOOOD+O 
0.04500D+3 
0.06000EH-3 
0.30000EH-3 
0.30000D+3 
0.30000EH-3 
0.30000EH-3 
0.30000D+3 
O.OOOOOD+3 
0.27000EH3 
0.27000D+3 
O.OOOOOD+3 
O.OOOOOD+3 
0.31500D+3 
0.45000EH3 
O.OOOOOD+3 
0.22500EH3 
0.27000D+3 
O.OOOOOD+3 
0.27000D+3 
O.OOOOOD+3 
0.27000D+3 
0.27000EH3 
0.27000D+3 
0.31500D+3 
0.22500D+3 
0.31500EH3 
0.27000D+3 
0.27000D+3 
0.31500D+3 
0.27000D+3 
0.27000D+3 
0.22500D+3 
0.27000EH3 
0.27000EH3 
0.22500EH-3 
0.27000D+3 
0.27000D+3 
0.34300D+3 
0.27000D+3 
0.25500D+3 
0.29000D+3 
0.25800EH3 
0.29200D+3 
0.30500D+3 
0.31500D+3 
0.34300D+3 
0.28000D+3 
0.32200D+3 
0.33700D+3 
0.27800D+3 
0.30500D+3 
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SEG RESl RES2 RES3 CT CT2 
8 .12020E+10 .48080E+10 .30955E-10 
10 .10560E+10 .42240E+10 .35235E-10 
12 .16860E+11 .67440E+11 .22069E-11 
13 .10560EH-10 .42240E+10 .35235E-10 
14 .27800E+10 .1I120E+11 .13384E-10 
15 .27800E+10 .11120E+11 .13384E-10 
18 .27800E+10 .in20E+ll .13384E-10 
19 .27800E+10 .11120E+11 .13384E-10 
22 .12020E+10 .48080E+10 .30955E-10 
24 .10560E+10 .42240E+10 .35235E-10 
26 .16860E+11 .67440E+11 .22069E-11 
27 .10560E+10 .42240E+10 .35235E-10 
28 .27800E-H)9 .11120E+10 .13384E-09 
29 .72600E+09 .29040E+10 .51251E-10 
30 .10820E+10 .43280E+10 .34389E-10 
35 .46400E-K)9 .18560E+10 .80191E-10 
36 .18600E+09 .74400E-H)9 .20005E-09 
38 .22600E+09 .90400E+09 .16464E-09 
40 .22600E-K)9 .90400E+09 .16464E-09 
42 .13760E+10 .55040E+10 .27041E-10 
47 .15872E+10 .63488E+10 .23443E-10 
49 .95400E+09 .38160E+10 .39003E-10 
50 .95400E-K)9 .38160E+10 .39003E-10 
51 .11180E+10 .44720E+10 .33281E-10 
53 .15872E+10 .63488E+10 .23443E-10 
55 .95400E+09 .38160E+10 .39003E-10 
56 .95400E+09 .38160E+10 .39003E-I0 
57 .11180E+10 .44720E+10 .33281E-10 
61 .42162E+10 .79458E+10 .40540E+10 .59360E-10 .89040E-10 
63 .88998E+10 .16773E+11 .85575E+10 .28128E-10 .42192E-10 
64 .18014E+11 .33950E+11 .17321E+11 .13896E-10 .20844E-10 
65 .15807E+11 .29790E+11 .15199E+11 .15836E-10 .23754E-10 
67 .38225E+10 .72040E+10 .36755E+10 .65480E-10 .98220E-10 
69 .80122E+10 .15100E+11 .77040E+10 .31244E-10 .46866E-10 
70 .15935E+11 .30032E+11 .15323E+11 .15708E-10 .23562E-10 
71 .22703E+11 .42786E+11 .21830E+11 .11028E-10 .16542E.10 
TSYS VENDD EES VO 
0.1480D0 132.9D-6 1.82D8 O.OODO 
TES TAU ALVP BLVP PLVP 
0.1848D0 0.0250DO 46.60D0 2.30D4 0.50D0 
DENSITY VISCOSITY 
0.10500D+4 0.45000D-2 
CYCLES FREQUENCY TIME INCREMENT 
4 l.OOOOODOO O.lOOOOD-3 
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Cv 
l.OOOOOD+O 
NPB NQB 
0 21 
Q COS TERM 
0.86393E-4 
-0.88455E-4 
-0.52515E-4 
0.86471E-4 
•0.26395E-4 
•0.12987E-4 
0.20133E-5 
0.70896E-5 
0.32577E-5 
-0.56573E-5 
-0.19302E-5 
0.22387E.5 
0.23050E-5 
0.11909E-5 
-0.39818E-5 
0.58176E-6 
0.19556E-5 
0.48907E-6 
-0.66338E-6 
-0.21719E-5 
0.19705E-5 
Cu 
1.33333D+0 
Q SIN TERM 
O.OOOOOE+0 
0.13368E-3 
-0.12280E-3 
0.22459E-4 
0.22693E-4 
0.22398E-5 
-0.22315E-4 
0.10065E-4 
•0.21066E-5 
0.90633E-5 
•0.85422E.5 
0.14770E-5 
•0.32397E-5 
0.59775E-5 
-0.18464E-5 
-0.14751E-5 
-0.12112E-5 
0.24434E-5 
0.50967E-6 
-0.2324 lE-6 
-0.20190E-5 
ACC. GRAY. 
9.81000D00 
GRAY. LOAD ANGLE 
O.OOOOOD+0 0.27000D+3 
